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Implantable sensors have been extensively investigated to facilitate diagnosis
or to provide a means to generated closed loop control of therapy by yielding in
vivo measurements of physical, chemical and biological signals. MEMS technology
has demonstrated significant value in this application mainly due to its micro-scale
size, low weight, low power consumption, potential for low fabrication cost, superior
functionality or performance, and ability to be combined with biotechnology and
molecular biology. Among those, biodegradable sensors which degrade gradually after
they are no longer functionally needed exhibit great potential in acute or shorter-term
medical diagnostic and sensing applications due to the advantages of (a) exclusion of
the need to a secondary surgery for sensor removal, and (b) reduction of the risk of
long-term infection.
The objective of this research is to design and characterize microfabricated RF
wireless pressure sensors that are made of completely biodegradable materials and
degrade at time-controlled manner. This will be achieved by means of investigation
of appropriate biodegradable materials and development of appropriate fabrication
processes for these non-standard MEMS materials. To achieve this goal, four subareas
of research will be performed: (1) design of sensors that operate wirelessly and are
made of biodegradable materials; (2) investigation of the biodegradable materials in
the application of implantable biodegradable wireless sensors to achieve controllable
degradation lifetimes; (3) development of new fabrication processes that allow the
handling of delicate biodegradable materials; and (4) testing the pressure response
functionality and studying the degradation behavior of the wireless biodegradable
pressure sensors.
xxv
The structure of the wireless sensor consists a very compact and relatively simple
design of passive LC resonant circuits embedded in a polymer dielectric package. A
sensing cavity, which is bounded by two metal plates, forms a variable capacitor and
is interconnected with planar inductor coil(s). The inductor and the capacitor can be
either connected with a conducting via, or can be capacitively and inductively coupled
without a conducting via. When pressure is applied to the sensor, the gap between the
two capacitive electrodes is reduced and the capacitor value increases. The resulting
pressure-induced LC resonant frequency change can be measured wirelessly using
an external coil. To design the sensor with a particular resonant frequency range,
the inductance and capacitance of the sensor is predicted using an analytical model
based on the literature. An electromagnetic model of the sensor is also developed
to analyze the wireless sensing mechanism. A mechanical model for circular plate
bending is also presented to understand the deflection of the capacitor plates. Then,
the electromagnetic and mechanical models are integrated to predict the pressure-
dependent capacitance change. The geometry of the sensor is finally established
based on the analytical and finite element simulations results.
Among various biodegradable materials, including both polymers and metals that
have been reviewed for biomedical applications, only FDA-approved and commer-
cialized biodegradable polymers are considered as candidates in this pioneer work
of completely biodegradable wireless sensors. To explore the feasibility of both slow
degradation sensors (expected degradation time on the order of years), and rapid
degradation sensors (expected degredation time on the order of months), poly(L-
lactic acid) (semi-crystalline, degradation time > 2 years) and a ”shell-core” struc-
ture of poly(lactic-co-glycolic acid) (amorphous, degradation time < 1 month) and
polyvinyl alcohol (water soluble) are utilized as the dielectric package. To form the
required electrical conductors, biodegradable metallic zinc and zinc/iron couples with
appropriate electrical properties (e.g., conductivity and AC resistance) and ease of
xxvi
fabrication are chosen. In the metallic couples, a bulk biodegradable metal (zinc) that
degrades relatively slowly is electrically connected to a small amount of more active
biodegradable metal (iron). This approach allows acceleration and tailoring of the
degradation rate of the entire metal by galvanic corrosion. The in vitro degradation
rate of the pure zinc and zinc/iron-couples with different metal surface area ratio are
studied through both electrochemical testing and physical weight loss measurements.
Further, due to the absence of degradation data of poly(lactic-co-glycolic acid) uti-
lized in the degradable sensor, the degradation behavior of this polymer is studied in
vitro.
To exploit the advantages of microelectromechanical systems (MEMS) technol-
ogy in fabricating miniaturized devices, while protecting vulnerable biodegradable
materials from the strong and/or hazardous chemicals that are commonly used in
conventional MEMS fabrication process, novel fabrication processes that combine
conventional MEMS technology with non-wet processes have been developed in this
study. These new processes enable the fabrication of biocompatible and biodegrad-
able 3-D devices with embedded, near-hermetic cavities. The bulk metal conductors
are electrodeposited through photoresist molds; for the case of the metal couples, a
thin layer of more active metal is either evaporated or electrodeposted on this bulk
conductor. The metal conductor is then embossed into biodegradable polymer sheets,
followed by multilayer polymer lamination with or without folding to create the final
devices with or without a conducting via.
The fabricated biodegradable pressure sensors are characterized wirelessly in air
and through a long-term immersion test in vitro until no resonance can be de-
tected by the external coil. During the entire in vitro functionality measurements,
the impedance phase and magnitude of individual sensors without applied pressure
are recorded to determine the resonant frequency and quality factor, and pressure
response tests are performed intermittently to determine the sensitivity. In vitro
xxvii
degradation tests continue after the sensor stops resonating with the external coil
and last for 7 months for the slow degradation sensors, and less than 35 days for
the rapid degradation sensors. All the sensors exhibit three stages of behavior in
vitro: equilibration, functional lifetime, and performance degradation. During the
functional lifetime, most sensors exhibit fully stable functionality: relatively steady
resonant frequency and slight decrease of quality factor with zero applied pressure, as
well as comparable sensitivities at different time points. The slow degradation sensors
exhibit functional lifetimes of several days and show no significant total weight loss
but do show an obvious physical appearance change of the metal-couple conductors
within 7 months. These slow degradation sensors are expected to fully degrade after
2 years, based on the degradation of the polymer package. The rapid degradation
sensors exhibit functional lifetimes of no more than 1 day and can degrade completely
within 26 days. Compared with that of slow degradation sensors, the rapid degrada-
tion sensors present improved functional time ratio (functional lifetime/degradation




1.1 In Situ Sensors For Biomedical Application
1.1.1 Biomaterials
Generally speaking, biomaterials refer to that class of materials that are used in con-
tact with biological systems. To be more specific, the most accepted definition of
biomaterials is currently the one employed by the American National Institute of
Health that describes a biomaterial as ”any substance or combination of substances,
other than drugs, synthetic or natural in origin, which can be used for any period of
time, which augments or replaces partially or totally any tissue, organ or function of
the body, in order to maintain or improve the quality of life of the individual” [6].
Metals, metallic alloys, synthetic or natural polymers, ceramics, and mineral com-
pounds are all currently being used as biomaterials by modern surgeons [146].
One of the big concerns for applying those foreign materials in the body, especially
for an extended period of time, is the rejection response from the delicate human
body system. Therefore, one of the essential prerequisites for biomaterials is to be
biocompatible. Biocompatiblity is defined as ”ability of a biomaterial to perform its
desired function with respect to a medical therapy, without eliciting any undesirable
local or systemic effects in the recipient or beneficiary of that therapy, but generating
the most appropriate beneficial cellular or tissue response to that specific situation,
and optimizing the clinically relevant performance of that therapy” [156]. The concept
includes all aspects of the interfacial reaction between the biomaterial and body
tissues: initial events at the interface, material changes over time (degradation), and
the fate of its degradation products. Excellent biocompatible materials must meet a
1





• Free from contaminants (e.g., additives, solvents, and synthesis residues)
• No adverse immunological responses
Typical applications of biomaterials in medicine are for disposable products (e.g.
syringe, blood bag, and catheter), materials supporting surgical operation (e.g. su-
ture, adhesive, and sealant), prostheses for tissue replacements (e.g. intraocular lens,
dental implant, and breast implant), and artificial organs for temporary or permanent
assist (e.g. artificial kidney, artificial heart, and vascular graft) [61]. The global mar-
ket of biomaterials was estimated as 150200 billion US dollars in 2012, including all
diagnostic and therapeutic equipments. The ten largest markets are US, Japan, Ger-
many, France, Italy, UK, Brazil, China, Canada and Spain. The growth of US market
share is 9% per year being the leading market in the world followed by Europe, with
25% market share, and Japan. The largest market for biomaterial based products is
orthopedic biomaterials followed by cardiovascular and drug delivery materials [6].
1.1.2 MEMS-based Wireless Implants
Microelectromechanical Systems (MEMS) technology refers to using microfabrica-
tion technology to create functional structures with critical features on the nano- to
micro scale. Sometimes, devices with nano-scale dimensions are classified as nanoelec-
tromechanical systems (NEMS). MEMS is also referred to as micromachines (mainly
in Japan) or microsystem technology (MST) (mainly in Europe). MEMS technology
has become a huge industry with a total sales of MEMS manufacturers exceeding
2
5 billion US dollars in 2007, and continuously growing, with main applications in
automotive, communication and electronics markets [119].
In modern biomedical and health care fields, the concept of biomaterials has grad-
ually shifted from purely mechanical replacement implants/transplants towards true
biological solutions [154]. Implantable sensors have been extensively investigated to
facilitate diagnosis or to provide a means to generate closed-loop control of therapy by
yielding in vivo measurements of physical, chemical and biological signals (e.g. pres-
sure, strain, force, glucose level, etc.)[77, 154]. In this application, MEMS technology
attracts great interest mainly due to its micro-scale size, low weight, low power con-
sumption, potential for low fabrication cost, superior functionality or performance,
and capability of being combined with biotechnology and molecular biology [119, 25].
Sensing strategies for MEMS-based sensors include optical [94], mechanical [34] , mag-
netic [47], electrochemical [151] detection methods, and combinations of the above.
To reduce the risk of infection resulting from transcutaneous wires breaching the
skin and also to reduce user discomfort, wireless operation of implantable sensors
is more desired [4]. But the challenges in designing and fabricating is thereby in-
creased. The majority of wireless biomedical implantable sensors are composed of
an implantable in vivo device and one or more external ex vivo electronics that con-
trol and/or collect the data provided by the internal implants. The implant either
(a) telemeters data externally, (b) receives and executes commands from an external
electronics or (c) performs both operations [10]. The choice of designing the im-
plant and the external electronics depends on many factors, including the implant
size, its location in the body and the desired sensitivity. From the point of teleme-
try, wireless sensors can be divided into active and passive telemetry. For active
telemetry, integrated power supplies are utilized to power the integrated circuits (IC)
[117]. Further transmission distance could be achieved, however the entire system
is relatively complex, higher packaging requirements are needed to isolate the active
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circuitry from harsh environments while allowing the capacitive transducer to inter-
act with the surrounding environment. The lifetime of the system depends on the
power supply which might need constant replacement or recharging [3, 124]. All these
constraints add challenges on the design and fabrication of active sensors in the im-
plantable biomedical application. On the contrary, passive telemetry relying on the
inductive coupling between the coil in the implant and the external coil eliminates
the complexity and reduces risk by placing the power supplies and active circuitry
on external electronics. But telemetry by inductive coupling can be used only for
short distances, because the magnetic field strength along the coil axis decreases as
the third power of distance [4].
The pressure sensor is one of the most common types of implantable sensors
nowadays. The most typical structure includes a suspended mechanical membrane
that deflects according to environmental pressure variations. This deflection can
be transduced wirelessly with the help of conductors on both sides of the gap or
piezoresistors on the high strain areas of the membrane and appropriate electronic
circuitry. Implantable pressure sensors have been widely utilized in the following
biomedical applications in vivo [119]:
(a) Intra-ocular pressure sensor. Elevated intra-ocular pressure (IOP) is one of
the risk factors for glaucoma, which is vision loss due to pressure-induced optic nerve
damage. Therefore, long-term (continuous) IOP measurements can offer new per-
spectives for patients suffering from glaucoma.
(b) Intra-cranial pressure sensors. An increase in intracranial pressure (ICP) can
be found in patients who suffer from head injury or diseases such as chronic hy-
drocephalus, brain tumors or abscesses. Continuous measurement using a wireless
implanted system offers opportunities of increasing mobility over catheter-based sys-
tems, reducing the mortality risk of intensive care patients, and allowing the moni-
toring of the ICP of patients after surgery to treat obstructive hydrocephalus.
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(c) Cardio vascular pressure sensors. Blood pressure at various anatomical posi-
tions contains clinically relevant information when the heart pumps blood through
the bodys vascular system. Continuous monitoring of pressure for cardiovascular
applications using wireless implantable micro sensors offers additional advantages of
better therapies and increased quality of life for several conditions including coronary
artery disease, heart failure, aneurysm, hypertension and arrhythmias.
(d) Pressure sensors for urology. Urodynamic testing is the most reliable cur-
rent diagnosis method for urinary incontinence, typically by inserting catheters in an
outpatient procedure allowing for ambulatory pressure measurements. Implantable
pressure sensors increase the attractiveness of ambulatory monitoring by eliminating
catheters and enabling measurements under close to normal life circumstances for the
patients.
1.1.3 Toward Biodegradable Sensors
As biodegradable materials have been greatly developed and are being used in biomed-
ical applications (e.g. drug delivery system, stent, orthopedic devices) [26, 113, 95],
the idea of biodegradable sensors has been brought forward. Similar to biodegrad-
able non-sensing implants, biodegradable sensors are expected to ”do their job and
disappear” [148]. There are two main advantages of biodegradable sensors:
(a) Exclude the need to perform a secondary surgery for sensor removal. In
some acute or shorter-term medical applications, the sensor’s functionality is required
only for a limited time. In these cases, utilizing biodegradable sensors that can be
functional for a desired time and disappear gradually is preferable [89, 10].
(b) Reduce the risk of long term infection. Due to the limitation of biomaterials,
even those materials generally considered to be biocompatible would engender some
degree of tissue response, especially in long-term implantation [45]. Up to now, all
implants have limited life time and there are many levels of ethical and technical issues
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associated with revision surgeries of those existing ”permanent” implants [51, 85].
Therefore, biodegradable sensors with adjustable functional lifetime and degradation
time may be a solution to overcome current limitations of long-term biocompatibility.
1.2 Thesis Outline
Chapter 2 introduces the biodegradable materials and a current literature review
on research related to implantable biodegradable sensors. Biodegradable polymers
are first introduced, with explanation of the common degradation mechanisms and
the difference between bulk and surface erodible polymers. Several most intensively
studied bulk and surface erodible biodegradable polymers are listed with a brief illus-
tration of their developments, physical properties, and possible applications. The in
vitro as well as in vivo performance of three major biodegradable metals, iron (Fe),
magnesium (Mg), and zinc (Zn), as well as their alloys, are preseted together with
their performance in the current clinical application. Finally, several studies related
to biodegradable sensors currently in the literature are demonstrated.
Chapter 3 presents the sensor concept, design, and modeling. The research objec-
tive for designing and studying the completely biodegradable wireless pressure sensor
is first proposed. The sensor utilized in this work consists a passive LC resonant cir-
cuit embedded into a dielectric package. A parallel-plate capacitor is interconnected
with planar spiral inductor(s) to form the LC resonator. The electromagnetic model
of the LC resonant circuit is presented to calculate the inductance and capacitance.
Biodegradable polymers are utilized as the dielectric (package and spacers). The me-
chanical theory is also presented for a circular plate in order to develop a sensor plate
mechanical deflection model. In addition, the metal and polymer materials selection
for the biodegradable sensor is demonstrated. Finally, the geometry of the sensor is
developed by utilizing the models and the capacitance change (and ultimately the
resonant frequency change) of the sensor as a function of applied pressure guided by
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finite element simulations (COMSOL 4.2).
Chapter 4 demonstrates the in vitro degradation study of the polymer and metals
utilized in the sensor. Due to the lack of the degradation data, an in vitro degradation
study of the PLGA (5004A) which is proposed to be applied in the rapid degradable
sensor is performed. The physical weight and appearance change of PLGA films are
recorded until the polymer degrades completely. Galvanic corrosion is utilized to ac-
celerate the degradation of metal conductors. The degradation of biodegradable Zn
and Zn/Fe couple rectangular specimens are studied through both electrochemical
means and weight loss measurement. The degradation rates are calculated; several
parameters that might affect degradation rate during the measurement are also dis-
cussed.
Chapter 5 presents the fabrication process of the biodegradable sensors including
sensors with and without conducting vias. The fabrication process of conductors for
all the sensors with different polymer dielectrics is the same: electroplating Zn through
a photoresist mold on a flexible and chemically resistant membrane (Kaptonr), and
extra steps of either electroplating or evaporating Fe for Zn/Fe-couple conductors.
The polymers are prepared using solvent casting and laser micromachining. The
sensor assembly steps that involve embossing, folding and lamination are illustrated.
Chapter 6 presents the characterization of the inductors and performance of the
sensors in air and in vitro. The pressure response and short-term stability of the
sensor is first tested wirelessly in air to confirm the success of the fabricated sensors.
Then the sensors are tested wirelessly in a prolonged immersion test in saline (0.9%)
until no resonance with the external coil can be observed. The resonant frequency
(f0) and quality factor (Q) of the sensors with zero applied pressure during the entire
test are recorded and calculated. The pressure response of the sensors are performed
intermittently to obtain the sensitivity. The performance of all the sensors are com-
pared and the possible failure mechanisms are also discussed. Differences between
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performance predicted by the models and the observed behavior are discussed and
explained.
Chapter 7 demonstrates the prolonged in vitro degradation of the sensors after
they stop being functional. The pictorial histories as well as the weight change of
all fabricated sensors are presented. Due to the time limit, the degradation tests
for PLLA-based sensors last for approximately 7 months, and terminate without
observing complete degradation of the sensors. For rapidly degradable PLGA-based
sensors, the entire degradation processes of less than 40 days is recorded for those with
non-PLLA spacers and PVA embossing temperature of 130◦C. Finally, the functional
lifetimes of these sensors are compared with their degradation lifetimes.
Chapter 8 presents the conclusion, contributions, and future outlook of this work.
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CHAPTER II
BIODEGRADABLE MATERIALS AND SENSORS
Broadly speaking, the term ”biodegradable materials” can refer to both materials that
will degrade in a ecological environment where biological processes are occurring, and
materials that degrade by biochemical reactions upon contact with living tissue [78,
146].
For biomedical application, biodegradable materials (sometimes being called biore-
sorbable or absorable) refer to biomaterials that are not only biocompatible but also
can degrade into products that can be eliminated from body by either natural path-
ways or involved normally in a metabolic pathway [146]. Biodegradable materials
are intended for temporary aids, such as temporary surgical products (e.g. for su-
turing, fixation, covering and adhesion), pharmaceutical use (drug delivery systems)
and tissue engineering (scaffolds, stent) [61].
In this chapter, the two main categories of biodegradable materials, biodegrad-
able polymers and biodegradable metals are introduced first, then current studies on
biodegradable sensors in the literature are listed.
2.1 Biodegradable Polymers
Biodegradable polymers can be either natural or synthetic biodegradable polymers.
Natural origin biodegradable polymers include modified polysaccharides (cellulose,
starch, dextran, chitin etc.) and modified proteins (collagen, casein, fibrin, etc.) [146].
The widely studied synthetic biodegradable polymers include aliphatic polyesters,
polyols, polycarbonates and miscellaneous [61]. Significant interest has been focused
on synthetic biodegradable polymers, mainly due to their versatility with respect
to mechanical and physicochemical property adjustments by various means, such
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as additives, polymerization, chemical modification, polymer blending, and compos-






• Surrounding conditions (e.g., pH and temperature)
Synthetic biodegradable polymers in medical applications are typically degraded
by hydrolysis [82, 103]. The entire degradation process of biodegradable polymers
involves the chain scission process caused as the water penetrates into the polymer
matrix, i.e., degradation, and the physical disintegration during which the degradation
products (monomers and oligomers) leave the polymer matrix, i.e., erosion [41, 136].
During the entire degradation process, some polymer properties would change, in-
cluding loss of molecular weight and mechanical strength, crystallization, monomer
formation, morphological changes, etc. [41, 136].
Based on the erosion mechanism, biodegradable polymers can undergo either bulk
erosion or surface erosion, as illustrated in Figure 1. In bulk erosion, the water pen-
etrates faster than the matrix erodes, consequently, degradation and erosion occur
throughout the entire polymer volume. In the ideal case, the size of the polymer re-
mains consistent for a considerable portion of time while the micro-structure within
the volume changes. The erosion rate depends on the total amount of materials and
will decrease as the material is consumed. In contrast, in surface erosion, water pen-
etrates more slowly than the erosion, and the size of the polymer decreases gradually
due to mass loss from the exterior surface. In the ideal case, the erosion rate is directly




Figure 1: Schematic illustration of bulk erosion and surface erosion
2.1.1 Aliphatic Polyesters
The family of aliphatic polyesters is one of the first synthetic and by far the most pop-
ular class of biodegradable polymers [82, 57]. Poly(glycolic acid) (PGA), poly(lactic
acid) (PLA) , poly(ε-caprolactone) (PCL), poly(glycerol sebacate) (PGS) and their
co-polymers have been widely investigated. The molecular structure of some these
polymers are shown in Figure 2.
Theoretically, all polyesters are degradable because esterification is a chemically
reversible process; however, only aliphatic polyesters with reasonably short aliphatic
chains between ester bonds can degrade over the time frame required for most biomed-
ical applications [103]. The degradation of aliphatic polyesters is mainly due to the
(a) (b) (c)
(d) (e)
Figure 2: The molecular structures of some aliphatic polyesters: (a) PGA, (b) PLA,
(c) PGS, (d) PLGA, and (e) PCL
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hydrolytic cleavage of the backbone ester bonds [82, 70, 46, 141] or by enzymatic pro-
motion [157, 61]. Hydrolysis can be catalyzed by either acids or bases [82]. A typical
hydrolysis process of aliphatic polyesters is schematically demonstrated in Figure 3
utilizing PLA as an example [26]. The phenomenon of autocatalysis is observed some-
times during the degradation due to the carboxylic end groups formed during chain
scission, which can enhance the rate of further hydrolysis [116]. This autocatalysis
mechanism makes polyester matrices truly bulk eroding [82, 42].
Polyesters can be synthesized by step (condensation) polymerization of hydroxy
acids or of diols and diacids, or by addition (chain) polymerization including ring-
opening polymerization (ROP) of the cyclic lactone [146, 82, 70]. Generally, ring-
opening polymerization is the preferred route to synthesize polyesters with high
molecular weight, due to the milder conditions and shorter reaction times that can
be used [86, 139]. A condensation process is usually used to prepare a variety of hy-
drolytically sensitive polymers, such as polyanhydrides and polyurethanes [103, 71].
Enzyme-catalyzed polyester synthesis has also attracted great interest recently from
the point of view of molecular architecture. Biocompatible, pure, and well-defined
Figure 3: Schematic illustration of hydrolytic degradation of PLA
12
polymer structures may be obtained as the method is highly selective and proceeds
without side-reactions under mild conditions [69, 73]. Since all the biodegradable
polymers utilized in this work are purchased as commercialized product, no details
of the synthesis procedures are introduced here.
(1) Poly(glycolic acid) (PGA)
PGA is a very stiff, highly crystalline polymer, yet degrades rapidly 100% within
3 months) [93, 24, 39]. PGA has excellent fiber-forming properties and was commer-
cially introduced in 1969 as the first synthetic absorbable suture under the trade name
DEXONr and approved by the United States (US) Food and Drug Administration
(FDA) [39]. PGA is one of the stiffest biodegradable polymers: a self reinforced form
exhibits a modulus of approximately 12.5 GPa [87]. Due to its excellent mechanical
properties, PGA has been utilized in the application area of bone internal fixation
devices (Biofixr). However, its poor solubility in most common solvents, high melting
temperature (Tm) (approximately 225
◦C) and tendency of causing inflammation in
the surrounding tissues due to rapid degradation limits its biomedical application [93].
Several copolymers containing glycolide units have been developed to overcome the
inherent disadvantages of PGA.
(2) poly(lactic acid) (PLA)
PLA is one of the most popular biodegradable polymers, due to its excellent
properties: good processability, excellent biocompatibility, and degradation into non-
toxic products [82, 9, 141]. PLA has been approved by the FDA for medical use
and is commercially available in a variety of grades. It has been widely applied
in the medical field, for use in sutures, drug delivery devices, prosthetics, scaffolds,
vascular grafts, as well as bone screws and pins and plates for temporary internal
fracture fixation [5, 115, 14, 9, 93]. PLA is soluble in halogenated hydrocarbons,
ethyl acetate, tetrahydrofuran, dioxane, and several other solvents [61]
With two asymmetric carbons, lactide exists as the optically active L- form and
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D-forms or as the racemic D,L-form. Naturally occurring pure enantiomeric poly(L-
lactic acid) (PLLA) is semicrystalline due to its stereoregular structure; the degree
of crystallinity of PLLA depends on the molecular weight and polymer processing
parameters [103]. PLLA is a relatively hard material with high modulus (2.5 to
4.8 GPa), good tensile strength, and low extension. It has crystalline Tm in the
range of 170 - 180 ◦C and a glass transition temperature (Tg) of approximately 60 -
67 ◦C [61, 95]. Since PLLA has glass transition temperatures above body temperature,
these matrices are stiff with little elasticity in the body and are somewhat brittle at
room temperature [27, 38] Being considered as hydrophobic, the degradation of PLLA
is relatively slow. Even PLLA would lose its strength in approximately 6 months when
hydrolyzed, it takes from 2 to 5.6 years for complete resorption in-vivo depending on
the degree of crystalinity and porosity of the polymer matrix [95, 7, 103].
The Poly(D,L-lactic acid) (PDLLA) can be synthesized by polymerization of the
diastereoisomer (D,L-v) or a racemic mixture of D,D-lactic acid/L,L-lactic acid [70,
146]. PDLLA is amorphous and has a Tg in the region of 50 - 60
◦C [26]. Compared
to PLLA, PDLLA exhibits much lower strength (approximately 1.9 GPa) due to its
amorphous structure. PDLLA loses its strength within 1 - 2 months when hydrolyzed
and degrades completely within 12 - 16 months [93].
(3) Poly(lactic-co-glycolic acid) (PLGA)
PLGA is under the most intense and thorough study among all the co-polymers
that are biodegradable, and has been approved by the FDA for a number of clinical ap-
plications [158, 40, 120]. The degradation rate and mechanical properties are affected
by a number of factors: molecular weight, the ratio of lactide to glycolide, and the
degree of crystallinity [82, 96]. Generally, PLGA is less stiff and degrades faster than
both PLA and PGA, with the 50:50 composition exhibiting the most rapid degrada-
tion rate [96, 120]. The degradation time is approximately 1 to 2 months for 50:50
PLGA, 4 to 5 months for 75:25 PLGA, and 5 to 6 months for 85:15 PLGA. PLGA with
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compositions between 25 and 70% GA are amorphous and the crystallinity decreases
with increase in the content of either co-monomer [40]. PLGA is soluble in a wide
range of common solvents including chlorinated solvents, tetrahydofuran, acetone or
ethyl acetate [144], and demonstrates good cell adhesion and proliferation [88, 8].
(4) Poly(ε-caprolactone) (PCL)
Poly ε-caprolactone (PCL) is a semicrystaline polyester and degrades much more
slowly than PLA and PGA. One of the interesting properties is that PCL has a very
low Tg (-60 ◦C) and low melting temperature (60 ◦C). Therefore, PCL is in the
rubbery state and exhibits high permeability to low molecular weight species at body
temperature [82, 103]. PCL is highly processable due to its low melting point and good
solubility in a wide range of organic solvents [26, 103]. PCL has low tensile strength
(approximately 23 MPa) but an extremely high elongation at breakage (>700%) [48].
PCL is also remarkably compatible with numerous other polymers [131, 26]. Due
to its slow degradation, high permeability to many drugs, non-toxicity, and excellent
biocompatibility, PCL is widely used as a long-term drug/vaccine delivery vehicle and
scaffold [102]. PCL is also commercialized in varies grades and is approved by the
FDA for several medical applications.
(5) Poly(glycerol sebacate) (PGS)
PGS is a relatively new and fast-developing member of polyester biodegradable
polymers, first reported in 2002 as a tough biodegradable elastomer synthesized by
polycondensation of glycerol and sebacic acid [150]. Unlike all the other polyesters
introduced above, PGS is a soft thermoset elastomeric polymer and undergoes sur-
face erosion [67, 18]. Conventionally, PGS is synthesized by a two-step method of
prepolycondensatioan and crossliking [150]. Photopolymerization of PGS prepoly-
mer with reactive acrylate moieties is also introduced to avoid the harsh conditions
involved in the conventional polymerization of PGS [107]. The mechanical proper-
ties and degradation rate of PGS can be modified by controlling the curing time,
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curing temperature, reactant concentrations and the degree of acrylation in acry-
lated PGS [118]. PGS materials have average Young’s modulus (E) in the range of
0.025 to 1.2 MPa, ultimate tensile strength more than 0.5 MPa and strain to failure
greater than 330% [150, 17, 134]. PGS is a semi-crystalline polymer being completely
amorphous above 37 ◦C, and the degree of crystallization decreases significantly with
increasing curing time and curing temperature [62]. PGS has also been shown to
exhibit shape memory behavior, in which the three-dimensional network of PGS acts
as the fixed phase and the amorphous phase acts as the reversible phase. [16]. PGS
has been under investigation for biomedical applications in drug delivery and soft-
tissue engineering including cardiac, vascular, cartilage, retinal, nerve and repair of
tympanic membrane perforations [118].
2.1.2 Polyanhydrides
Polyanhydrides can be considered as the most extensively investigated biodegrad-
able surface eroding polymers specifically designed and developed for drug delivery
applications [103]. Polyanhydride-based biodegradable polymers have hydrophobic
backbone with hydrolytically labile anhydride linkages such that hydrolytic degra-
dation can be controlled by manipulation of the polymer composition. Aliphatic
polyanhydrides degrade within days or weeks while the erosion of aromatic polyan-
hydrides ranges from several months to years [71]. Schematic hydrolytic degradation
of an alphatic polyanhydride is shown in Figure 4. Polyanhydrides are generally con-
sidered surface eroding because they undergo a linear mass loss during erosion, but
would change to bulk erosion once the dimension drops below a critical limit [43].
They degrade in vitro as well as in vivo to their acid counterparts as non-mutagenic
and non-cytotoxic products, and show no evidence of inflammatory [125, 80]. Many
polyanhydrides have fairly low melting points and are soluble in common organic
solvents. These properties make polyanhydrides popular candidates for controlled
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release application [103, 26].
Figure 4: Schematic hydrolytic degradation of an alphatic polyanhydride
The limitations of aliphatic homo-polyanhydrides such as poly(sebacic anhydride)
(PSA), however, are their super hydrolytic instability (in that they will undergo spon-
taneous depolymerization to low molecular weight polymers in organic solutions or
upon storage at moisture room temperatures and above), low mechanical strength,
and film or fiber forming properties [71]. Therefore, copolymers of sebacic anhy-
dride and hydrophobic aromatic monomers are usually utilized. Polyanhydrides based
on a variety of aromatic and aliphatic dicarboxylic acids were investigated as drug-
carrier matrices and approved by the FDA in 1996 [79, 103]. Poly((carboxy phenoxy
propane)-(sebacic acid)) (P(CPP-SA)) with the structure shown in Figure 5 is also
approved by the FDA for use as a localized delivery vehicle [74, 103]
Figure 5: Stucture of poly((carboxy phenoxy propane)-(sebacic acid)) (P(CPP-SA))
2.1.3 Poly(vinyl alcohol) (PVA)
Unlike the other biodegradable polymers presented above, PVA is a vinyl polymer
with carbon backhones which are generally not susceptible to hydrolysis. It is consid-
erded biodegradable in the ecological enviroment because it can be easily biodegraded
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by microorganisms as well as enzymes [152]. In the biomedical field, it is sometimes
included as a biodegradable polymer mainly due to its water-soluble and non-toxic
properties [111]. Commercial PVA is typically made by polymerization of vinyl ac-
etate to poly (vinyl acetate) (PVAc) followed by hydrolysis of PVAc [92]. PVA with
different degrees of hydrolysis can be obtained by alternating the extent of the hy-
drolysis reaction. Generally, the hydrolysis reaction cannot reach completion without
more drastic treatment; all PVA typically has some residual acetate groups [32].
(a)
(b)
Figure 6: Hydrogen bonding in commercial PVA (a) many inter chain hydrogen
bonds can be established between two high hydrolysis PVA chains, and (b) acetate
groups act as spacers and restrict the level of hydrogen bonding between two low
hydrolysis PVA chains [30]
The solubility of PVA in water is determined by the extent of both inter and
intra chain hydrogen bonding, together with the PVA-water hydrogen bonding. As
shown in Figure 6(a), when the PVA chains are highly hydrolyzed, many interchain
hydrogen bonds can be established, while in Figure 6(b), the interchain hydrogen
bond is limited due to the bulky size and hydrophobic character of unhydrolyzed
acetate groups [30].
Therefore, the hydrolysis degree, molecular weight (Mw) and solution temperature
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Figure 7: Solubility of PVA in water as a function of temperature: (a) 78 - 81%
hydrolyzed, Mw = 160,000 - 168,000, (b) 87 - 89% hydrolyzed, Mw = 40,000 - 48,000,
(c) 98 - 99% hydrolyzed, Mw = 40,000 - 48,000, and (d) 98 - 99% hydrolyzed, Mw =
136,000 - 144,000 [15]
together determine the solubility of PVA in water by affecting the degree and charac-
ter of hydrogen bonds of PVA in aqueous solution [32]. The solubility of some PVA
with different degrees of hydrolysis and molecular weight as a function of temperature
is shown in Figure 7.
2.2 Biodegradable Metals
Nowadays, with the advent of tissue engineering, biomaterials are envisaged to ac-
tively interact with the body. Metallic biomaterials are not necessarily required
to be inert but they should be able to assist and promote the healing process. In
many cases, they should do their job and step away thereafter [53]. The corrosion
of metal, a normally undesirable phenomenon in metallurgy engineering application,
however, can be utilized as a useful property for certain metals in biodegradable
applications. Magnesium (Mg), Mg alloy, and iron (Fe) are the most well-known
biocompatible and biodegradable metals due to their combination of high mechanical
strength, fracture toughness, and non-toxicity. Their main medical applications up
to now are biodegradable stents, a small mesh-like tubular scaffold which is placed
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and then expanded inside the coronary arteries to keep the lumen open, and bone im-
plants [161, 148, 99]. An example of a magnesium coronary stent is shown in Figure 8.
Figure 8: (a) Non-expanded, and (b) expanded view of a magnesium coronary stent
(MAGIC, biotronik)
2.2.1 Iron (Fe) and alloy
Iron can interconvert between ferric (Fe2+) and ferrous (Fe3+) ions by accepting and
donating electrons quite readily, which makes it a useful component for cytochromes,
oxygen-binding molecules (hemoglobin and myoglobin), and many enzymes [99]. Fe
has a high radial strength because of its higher elastic modulus, which can be helpful
in making stents with thinner struts. Iron also has high ductility which can be
helpful during the implantation of stents when the stent is plastically deformed [90].
Armcor iron (Fe > 99.8%) is the first biodegradable metal that has been utilized as
a biodegradable metallic stent in 2001 [113]. In the in vivo degradation study of a
pure Fe stent in the native descending aorta of New Zealand white rabbits and the
tail of mice for prolonged times (> 6 months), no significant neointimal proliferation,
pronounced inflammatory response, or systemic toxicity based on organ examination
were observed. Further, the degradation product of Fe is metabolically inactive and
can accumulate in diverse organs of the body [113, 114, 100].
However, pure Fe degrades very slowly in vivo; the Armcor iron stent did not
corrode compeletely after a prolonged time (> 18 months) [113, 114]. Therefore, to
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increase the corrosion rate of Fe-based stents, means of physical design modification
including increasing the surface area of the stent and reducing the strut thickness
of the stent [113, 114], microstructure modification [98, 106], and alloying Fe with
other elements including manganese (Mn), palladium (Pd), cobalt (Co) and aluminum
(Al) [54, 128, 84] are proposed and investigated showing positive results.
2.2.2 Magnesium (Mg) and alloy
Mg is another attractive metal for biodegradable implants because of its low den-
sity, low thrombogenicity, and well-known biocompatibility [90]. However, pure Mg
degrades too rapidly at physiological pH (7.4 7.6) and in the high chloride envi-
ronment of the physiological system: it loses mechanical integrity before the tissue
heals sufficiently. Further, the rate of production of hydrogen gas (a degradation
product) during the corrosion process can be too rapid for the host tissue to tol-
erate [132]. Therefore, Mg-based implants are usually utilized in the alloy form to
reduce the degradation rate as well as increase the mechanical integrity. The stud-
ied alloy elements include zinc (Zn), aluminum (Al), manganese (Mn), calcium (Ca),
and rare earth elements (neodymium (Nd), cerium (Ce), dysprosium (Dy)). Posi-
tive in vitro results have been reported with a total degradation time around one to
six months [132, 159]. Biodegradable polymeric layers including PLGA and PLLA
are also applied to the surface of Mg alloy stents to further control the degradation
rate [149, 68]. Generally, magnesium alloys have lower Young’s modulus and faster
degradation than iron-based alloys [90]. Implantations of Mg-based metal stents in
humans have been performed in the left pulmonary artery of a preterm baby with
a congenital heart disease and in the coronary arteries of 63 patients. The stents
degraded within approximately 4 to 5 months, showing no major in-stent obstruction
or neointimal hypertrophy [164, 28].
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2.2.3 Zinc (Zn) and Alloys
From a biological point of view, Zn is also an essential element for basic biological
function that is involved in various aspects of cellular metabolism [50], and also
exhibits strong antiatherogenic properties [52]. The recommended dietary allowance
(RDA) and recommended upper limit for Zn are 15 and 40 mg/day, respectively;
however, Zn consumption in amounts higher than these values is generally considered
relatively non-toxic, and amounts approaching 100 mg/day can be tolerated for some
time [36].
Compared to Fe and Mg, the application of Zn and Zn alloys as biodegradable
metals is relatively new. Zn-Mg alloys with Mg concentration ranging from 1 to 3
wt% have been investigated in vitro for bone fixation applications. Zn-Mg alloys show
good mechanical properties comparable with that of bone, as well as better corrosion
resistance and low rate of pH value increase and hydrogen evolution during in vitro
degradation compared with Mg alloys. The quantity of zinc ions released from the
implants is negligible compared with RDA and recommended upper limits for Zn [147].
Patrick et al. utilized Zn wires as biodegradable cardiac stent materials and tested
them in the abdominal aorta of rats for 6 months, and demonstrated that though the
mechanical property of pure Zn is not sufficient for the application of stents, it shows
favorable degradation behavior: in vivo longevity comparable to Fe with the harmless
bioresponse comparable to Mg [13]. The results of those preliminary research strongly
support the utilization of Zn and its alloys as biodegradable metals.
2.3 Literature Review of Biodegradable Sensors
Up to now, a number of researchers have proposed approaches to implantable biodegrad-
able sensor; however, no fully functional completely biodegradable sensor has been
reported.
(1) Implantable Strain Sensor Utilizing Ultrasound Read-out [145]
22
The concept of a wireless implantable strain sensors that utilizes an external ul-
trasound read-out system for the in-situ measurement of small strains on implants,
bones or fixation systems was proposed by Umbrecht et al. . The schematic work-
ing principle of this sensor together with a demonstrator sensor unit are shown in
Figure 9. A compressible fluid reservoir filled with incompressible liquid is attached
to a microchannel. Due to the high ratio between the diameter of the reservoir and
the diameter of the microchannel, an amplified filling level change can be introduced
by a small load applied to the reservoir. A external ultrasound imaging technology
can be utilized to read out the filling level. The demonstrator sensor unit is made
of biocompatible polymer poly(methyl methacrylate) (PMMA), and they proposed
that the whole sensor could be biodegradable if using solely bioresorbable polymers
such as PCL and Degrapolr. The Degrapolr is a polyester-urethane and is made
from two polyester diols linked through a diisocynate unit. P(HB-co-CL) (poly3-
(R-hydroxybutirrate)-co-(β-caprolactone)-diol) is the crystalline domain (hard seg-
ment), while the amorphous domain (soft Segment) consist of poly(β-caprolactone-
co-glycolide)-diol. But the fact that this system requires ultra-sound reading could
be limiting compared to RF readout.
(a) (b)
Figure 9: A wireless strain sensor that utilizing an external ultrasound read-out
system (a) schematic of the sensor principle, and (b) a demonstrator sensor unit(cross-
cut) fabricated from poly(methyl methacrylate) (PMMA).
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(2) Implantable Biodegradable Stimulator [31]
Implantable biodegradable stimulators that exploit RF coupling have been pro-
posed as an approach to promote bone growth. The resistor-inductor-capacitor
(RLC) circuit was fabricated using conventional micromilling of biodegradable mag-
nesium alloy sheets with thickness of 0.01 inch, and packaged with 70:30 poly L: D/L-
lactide (PDLA) by lamination, as shown in Figure 10. In future work, they proposed
to utilize biodegradable ZnO-based transistors or an ultraminiature, non-degradable
IC which would have minimal impact in vivo as the RF rectifier and constant current
source. The ultimate stimulator is expected to provide a constant current of 60 µA,
while sustaining a serviceable life in vivo sufficient for the duration of spinal fusion
(about 24 weeks).
(a) (b) (c)
Figure 10: An implantable biodegradable stimulator prototype (a) micromilling of
coil, (b) assembled coil and capacitor, and (c) RF circuit embedded in PDLA
(3) Miniaturized RLC Resonators [12, 11]
Miniaturized RLC resonators with sizes of approximately 10-17 mm were fabri-
cated using biodegradable materials and proposed as an RF component of wireless
biosensors; some examples are shown in Figure 11. The metal resonators made of Mg,
Fe, Mg- and Fe-alloys were fabricated by electric discharge machining (EDM) from
3 mm thick plates. The polymer resonators were made of PLLA-PPy (polypyrrole)
and PCL-PPy polymer composites by compression molding and laser cutting. The
polymer composites are prepared by emulsion polymerization of conductive pyrrole
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nanoparticles in the matrix of PLLA or PCL followed by precipitation. Unloaded res-
onant frequency (funloaded) and quality factor (Qunloaded) were measured to be 0.5-1
GHz and 8-410 for the metal resonators, and 2.0-3.4 GHz and 6-19 for the polymer
resonators, respectively. The proposed fully biodegradable sensor sensor is shown in
Figure 12, by attaching this RLC resonator with a sensing layer on the surface that
is sensitive to a stimulus (e.g. the permittivity varying with glucose level) , a shift
and/or a damping of the resonant frequency (f0) can be detected wirelessly by an
external coil inductively coupled to the resonator.
(a) (b)
Figure 11: RLC resonators made of (a) biodegradable metal (Fe), and (b)
biodegradable polymer composite(PCL-PPy)
Figure 12: Concept of a fully biodegradable sensor based on an RLC
resonator(short-range wireless telemetry with inductive link)
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(4) Water Soluble Electronics [60]
Recently, ”transient electronics” made of water soluble electronic elements in-
cluding a resistor, inductor, capacitor, transistor and diode on water soluble silk was
demonstrated Figure 13. Thin layers of conductive Mg, dielectric magnesium ox-
ide (MgO) and silicon dioxide (SiO2) are fabricated by physical vapor deposition.
Monocrystalline silicon nanomembranes (Si NMs) as semiconductors were fabricated
by transfer printing. The whole structure was demonstrated to be dissolved in DI
water within 10 minutes, shown in Figure 14. The transience times for NM-based
electronic components can be increased, in controlled amounts, by adding transient
encapsulating layers and packaging materials (silk), or reduced by decreasing the crit-
ical dimensions or by physically structuring the materials in a way that accelerates
dissolution by disintegration. A resonant frequency of 1.8 GHz and initial quality fac-
tor of approximately 7 was obtained for an implanted transient RF material structure.
The solubility of silk is also programmed, over several orders of magnitude, through
the control of crystallinity [58]. Inductive coils of Mg combined with resistive micro-
heaters of doped Si NMs, integrated in silk packages, that provide transient thermal
therapy to control surgical site infections was also demonstrated in vivo under the
skin of a Sprague-Dawley rat. A localized increase temperature of approximately 5
◦C was observed, and device has functional time scale of 15 days.
Figure 13: Image of water soluble electronics including transistors, diodes, inductors,
capacitors, and resistors, with interconnects and interlayer dielectrics, all on a thin
silk substrate.
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Figure 14: Images showing the time sequence of dissolution the water soluble elec-
tronics in DI water
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CHAPTER III
BIODEGRADABLE PRESSURE SENSOR DESIGN AND
MODELING
3.1 Research Objectives and Sensor Concept
The research objectives for designing and studying the completely biodegradable wire-
less pressure sensor in this work are summarized below:
• Implement passive LC resonant circuits for wireless telemetry.
• Develop compact-structure design(s) with sensor total area less than 1.5 cm2.
• Achieve fabrication of the device using completely biocampatible and biodegrad-
able materials.
• Design sensors with resonant frequencies ranging from 20 to 60 MHz and
reasonable sensitivity.
• Design sensors with quality factor high enough to achieve wireless testing at
distance of at least 3 mm.
• Develop reliable microfabrication processes that avoid any non-biocampatible
contamination or residues.
• Design sensors with different degradation life times.
• Demonstrate device functionality and degradation in vitro.
In this work, a very compact and simple design of a passive wireless pressure sen-
sor is adopted. This sensor concept is first proposed by Collins in 1967 for intraocular
and other physiological pressures measurements [22]. It utilized the self- and mutual
inductance and associated distributed capacitance of a pair of spaced apart planar
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spiral coils to form a resonant LC circuit, and magnetic coupling with an external
loop to realize the wireless telemetry of the pressure-modulated frequency. Though
the miniature device was not completely successful due to the limitations of micro-
fabrication techniques of the time, many successfully microfabricated RF pressure
sensors have been developed using the same mechanism since then [126, 35, 2].
The general concept of such passive pressure sensors is schematically illustrated
in Figure 15. The pressure sensor consists of a sensing cavity, which is bounded
by two metal plates forming the variable capacitor and interconnected with planar
spiral inductor(s). All the conductors (inductors, capacitors, and electrical via) are
integrated and embedded into a dielectric package. The inductor coil not only acts as
an essential component of the resonant sensor, but also provides means for magnetic
coupling the sensor to an external (e.g., outside the body) coil. When pressure is
applied to the sensor, the gap between the two capacitive electrodes is reduced and the
capacitor value increases. The resulting pressure induced change in the LC resonant
frequency can be measured wirelessly using an external coil.
The inductor and the capacitor can be either connected with a conducting via
Figure 15(a), or be capacitively and inductively coupled without a conducting via
Figure 15(b). In the sensor with conducting via, a single planar spiral inductor is
(a) (b)
Figure 15: Passive LC resonating pressure sensor concept (a) with conducting via,
and (b) without conducting via
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conductively connected to the capacitor by means of a vertical via trace. For the
sensor without conducting via, two parallel planar inductors are each connected with
a corresponding central capacitor plate, and the circuit is completed by exploiting
the parasitic capacitances and mutual inductances between the layers.
In the following sections, the electromagnetic model of the LC resonant circuit
is discussed. The mechanical theory is also presented for a circular plate in order to
develop a mechanical deflection model. In addition, the materials selection for the
biodegradable sensor is presented. Finally, the geometric design of the sensor as well
as the simulation result combines the deflection with the capacitance change under
applied pressure using COMSOL is demonstrated to help in predicting the sensor
sensitivity.
3.2 Sensor Electromagnetic theory
To further understand the electromagnetic behavior of the sensor and its interaction
with the external loop coil, both analytical and finite element models are used to help
design the geometry of the device as well as predict the device behavior as it relates
to the readout telemetry.
3.2.1 Sensor Analytical Modeling
3.2.1.1 Inductance of Planar Spiral Inductors
The single planar spiral inductor can be analyzed by a π equivalent circuit with
series inductance Lss, series resistance Rss, and parasitic capacitance Cpar, shown
in Figure 16. Cpar is the parasitic winding-to-winding capacitance. The substrate
impedance is neglected.
The planar spiral impedance accordingly is:
Zspiral =
Rss + j[Lsω − CparR2ssω − CparL2ssω3]
1− 2CparLssω2 + (CparLss)2ω4
, (1)




Figure 16: Schematic illustration of cross-sectional view of the deflectable region of




























Many approaches have been developed in the literature to calculate the inductance
of planar spirals [155, 162, 123, 97]. Among them, the current sheet approximation
deduced from [97] is utilized in this work to predict the inductance. This approach
has been utilized to calculate the inductance of planar spiral inductors with of square,
hexagonal, octagonal and circular shapes. Only the result of the circular shape, which
is the same as the inductor of this work, is presented below.
Figure 17: Schematic illustration of circular planar spiral inductor
As shown in Figure 17, a single layer planar spiral inductor with circular shape
can be completely specified by the line weidth w, line spacing s, the number of turns
n together with either the inner diameter din or the outer diameter dout. The average
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In the current sheet approximation, the inductance of the planar spiral is obtained
by approximating the sides of the spirals by symmetrical current sheets of equivalent
current densities. By evaluating the self and mutual inductances using the concepts of
geometric mean distance (GMD), arithmetic mean distance (AMD), and arithmetic












where µ is the material permeability, and Ci are the layout dependent coefficients.
For the circular planar spiral, C1 = 1.00, C2 = 2.46, C3 = 0.00, and C4 = 0.20.
The frequency-dependent inductance of the planar spiral circuit in Figure 17 is





where Cpar is the inductor parasitic self-capacitance. The entire parasitic capacitance
of a planar spiral consists the capacitance between the lines (parasitic self-capacitance)
and the capacitance between the lines and substrates/environment [105, 64]. Parasitic
self-capacitance is very complex to analytically calculate because of its distributed
nature, and is sometimes neglected in the literature due to its much smaller value
compared to substrate loss for inductors built on silicon [163, 105]. The simplified
simulated result from [33] is adopted here due to design similarity with that work.
The result is presented below.
By modeling the capacitance for several structures of interest using FastCap and
a curve fitting approach, the parasitic self-capacitance of a planar spiral inductor on
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Figure 18: Geometry used to estimate the the parasitic self-capacitance of a planar
spiral inductor in [33].
a substrate (shown in Figure 18) exhibits independence of the thickness of the line
lt for lt < 80µm, and when the total length of the lines is more than 3 mm. The
parasitic self-capacitance can be calculated roughly as:




where ε0 is the vacuum permittivity, εeff is the effective relative permittivity, n is the
number of turns, K is a fitting variable, which is a function of the starting radius rs,
pitch ps (the total width of one line and one space, w + s), and total effective length
lleff , which is defined as:




where ll is the total length of the inductor, ll1 and lln are the lengths of the first
and last turn of the inductor. The reason ll1 and lln are partially subtracted from
the effective length is due to the fact that the first and last turn do not contribute
much to the parasitic self-capacitance. K can be found using curve fitting. Although
Eq. (8) has no real physical meaning, it can be utilized to predict the Cpar of a
planar inductor. Since Cpar is generally very small compared to the capacitance of
the capacitor, it will not affect the modeling result that is utilized for the geometric
design.
3.2.1.2 Capacitance of the Sensor
(1) Capacitance of Parallel Plate Capacitor
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am
Figure 19: Schematic illustration of cross-sectional view of the capacitor in the
biodegradable pressure sensor
The cross-sectional view of the capacitor that is embedded inside the dielectrics
is shown in Figure 19. The two capacitor plates are separated by a cavity in the
center and biodegradable polymer spacer on the edge. The capacitance of the circular
parallel plate capacitor can be simply calculated by:











where ε0 is the vacuum permittivity (8.854 pF/m), εp is the relative permittivity
(dielectric constant) of the polymer spacer, g0 is the distance between the two metal
plates, and ac and am are the radius of the cavity and capacitor plate, respectively.
(2) Overlap Capacitance of Two Planar Spiral Inductors
In the case of the sensor without conducting via (Figure 15(b)), two planar spiral
inductors overlap with each other and result in overlap capacitance Cove. Cove can be





where Aove is the overlap area between two planar spirals. Counter rotation of the
two spirals is required for constructive mutual coupling of the sensor. For perfectly
aligned overlapping inductors, the Aove has been deduced in [33], the value can be
approximately calculated as:
Aove = 0.45 · w · ll, (12)
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where w is the line width and ll is the total spiral length for inductors with more
than 8 turns.
3.2.2 Sensor Lumped Element Model




Figure 20: Electromagnetic lumped element model for an generalized LC resonant
circuit
The lumped element model of a generalized sensor circuit that includes a series
inductance LS, series capacitance CS and a series resistance RS is shown in Figure 20.














When the sensor is magnetically coupled to an external coil, the resonance fre-
quency of the sensor can be detected wirelessly. The sensor resonance and its coupling
to an external coil is modeled from a two-port network using transformer theory, as
shown in Figure 21 [133].
Analysis of the circuit in Figure 21 using transformer network theory and Kirch-
hoffs voltage law, phase notation (s = jω = j2πf0), yields the loop equations
V1(s) = sLEI1 + sLCI2 (15)











Figure 21: Lumped element model for an inductively coupled system containing a
loop coil and LC resonant circuit
and
−RSI2 − V2 −
1
sCS
I2 = 0. (17)
where V1, V2, I1 and I1 are the transformer voltages and currents, respectively.
By defining the coupling coefficient k between the sensor and the external coil,





and substituting f0 from Eq. (13) and Q from Eq. (14), the input impedance Z1






















In Eq. (53), the the resonance frequency f0, quality factor Q, and coupling coeffi-
cient k are related to the impedance of the external coil Z1, which can be expressed in
terms of its measured impedance magnitude and phase [33]. The general impedance
for a circuit is defined as:
Z = R + jX (20)
where R is the real part of the impedance and X is the imaginary part, defined as
Re(Z) = R = |Z|cosθ (21)
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and
Im(Z) = X = |Z|sinθ. (22)
The magnitude and phase of the impedance Z are defined as:
|Z| =
√








Therefore, by separating the real part and imaginary part of the impedance Z1
in Eq. (53) and substituting into Eq. (23) and Eq. (24), and defining Ω = f/f0, the






















3.2.2.2 Circuit Model for Sensor with Conducting Via
In the case of the wireless pressure sensor with conducting via to connect the capacitor
and single planar inductor shown in Figure 15(a), the equivalent circuit model is




Figure 22: Circuit model for a sensor with conducting via
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The sensor includes a series inductance, a series resistance and two parallel ca-
pacitances. The inductance LS and capacitance CS of the sensor can be calculated
as:
LS = Lss (27)
and
CS = Cplate + Cpar (28)
where Lss is the inductance of the planar spiral inductor, Cplate is the capacitance of
the capacitor, and Cpar is parasitic capacitance of the spiral inductor.
3.2.2.3 Circuit Model for Sensor Without Conducting Via
In the case of wireless pressure sensor with two planar inductors that are capacitively
and inductively coupled without conducting via shown in Figure 15(b), the equivalent
circuit becomes more complicated (Figure 23).
This circuit is analyzed in [33] by rearranging the circuit to a equivalent circuit
that splits the two inductors; the analyzed result adopted from [33] is present below.
S
S
Figure 23: Circuit model for a sensor without conducting via (the two planar spiral
inductors that are capacitively and inductively coupled)
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(Cove + Cplate) + Cpar + Csub (29)
and:
LS = Lss(1 + km), (30)
where Csub is the substrate and environmental impedance and assumed as an ideal
capacitor, and km is the coupling coefficient between the two planar spiral inductors.
The factor of 1
2
in Eq. (29) is due to the fact that the total capacitance is split into
two separate distributed elements. The impedance of the external coil coupled with
this sensor is given by:
Z1 nv = j2πfLe

















Compared with Eq. (53), the factor of 2
1+km
next to the coupling coefficient be-
tween the inductors and the external coil is due to the external coil being coupled to
two planar spiral inductors. When the two planar spirals are strongly coupled (effec-
tively almost becoming one single inductor Ls = Lss + kmLss), the factor 2/(1 + km)
approaches unity as km approaches unity. When the two spirals are poorly coupled
(the spirals are closer to individual inductors of inductance Lss), the factor approaches
2 as km approaches zero.
3.3 Sensor Mechanical theory
In this work, the capacitance change of the sensor is due to the pressure-induced
deflection of the two capacitor plates. Therefore, it is essential to understand the
deflection of the circular mechanical plates to be able to effectively design and analyze
sensor performance.
The simplified schematic cross-sectional view of the deflectable region of the sensor
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Figure 24: Schematic illustration of cross-sectional view of the deflectable region of
the biodegradable pressure sensor
will undergo deflection under applied pressure, with the deflectable radius a and center
deflection of d0. The thicknesses of the polymer and metal plate are tpolymer and tmetal,
respectively. The two plates are separated by a gap of g0, which also determines the
maximum total center deflection of the two plates. The boundary condition can be
viewed as clamped at the edge if the metal and the polymer are perfectly laminated.
3.3.1 Plate Flexural Rigidity
The flexural rigidity defines the bending stiffness of a plate when a mechanical load is






where E is the Young’s modulus, ν is the Poisson’s ratio and tm is the thickness
of the plate. For a plate consisting of multiple layers, as shown in Figure 25, the
analytical equations of the effective flexural rigidity Dn and effective total thickness
hn for a plate with n layers were derived in [59], presented below for reference. The
bottom surface of layer 1 is located at start point of the z - axis (z = 0), the interface
between layer i and i+ 1 is located at hi, and the top surface of layer n is located at
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Figure 25: Schematic illustration of a multilayered plate (cross-section)
z = hn. The relation between hn and the thickness of i












































For a monolayered plate with uniform material properties, Eq. (35) and Eq. (36)










In this way, Eq. (36) is equivalent to Eq. (32).
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Two special cases of interest for the effective flexural rigidity are n = 2 and n =


























































Eq. (42) can be used to determine the modulus of the thin film E∗2 by measuring the
difference between the flexural rigidity between the substrate and the film/substrate
system.






2t2(2t1 + t2) + E
∗
















































3.3.2 Circular Plate Theory
The deflection of a circular plate with clamped edges under a uniform vertical (i.e.,
lateral) load is schematically shown in Figure 26. By using cylindrical coordinates










Figure 26: Schematic illustration of the cross-sectional view of a circular plate with
clamped edges
where d0 is the center (also the maximum) deflection. By using the energy method,
an approximate expression for the center deflection of a thin plate under a uniform










where P is the uniformly applied pressure, tm is the plate thickness and D is the
flexural rigidity. In Eq. (46), both bending and stretching of the plate is included. The
last term in the Eq. (46) represents the stretching effect of the middle surface of the
deflection. When the deflection is small compared to the plate thickness (d0  tm),





Alternatively, if the deflection becomes large compared to the plate thickness







3.4 Biodegradable Materials Selection
From the point of view of the degradation lifetime, two kinds of sensors are proposed
in this pioneer work of completely biodegradable wireless sensors: a slowly degrad-
ing sensor which is expected to degrade completely within 1-2 years, and a rapidly
degrading sensor which is expected to degrade within 1-2 months. The degradation
lifetime of sensors will obviously depend on the materials that are utilized.
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3.4.1 Biodegradable Conductors
For sensing applications, especially for microfabricated devices, electrical performance
as well as the fabrication facility of the metal are both important factors to consider
when choosing biodegradable metal candidates.
3.4.1.1 Galvanic Corrosion
When two dissimilar metals are electrically connected and immersed in electrolyte, the
more electrochemically ”active” metal will corrode preferably to the other metal due
to the electrode potential difference. This phenomenon is termed galvanic corrosion;
the more active metal that corrodes is the galvanic anode or sacrificial anode, and







Figure 27: Galvanic corrosion electrochemical process with oxygen reduction on
cathode
As shown in Figure 27, the anodic reaction is the metal dissolution:
M →Mn+ + ne− (49)
and the cathodic reaction is mainly either oxygen reduction (Eq. (50)), or hydrogen
evolution (Eq. (51)), or a combination of both.
2H+ + 2e− → H2 (50)
O2 + 2H2O + 4e
− → 4OH− (51)
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The electrolytes, either liquid or solids, are ionically conductive. The electrons
given up by the metal ions at the anodic site are carried to the cathodic site by
the metallic conductor. For a given metallic couple, the factors that affect galvanic
corrosion include: [165]:
• Geometric factors:
area, distance, position, shape, orientation;
• Electrolyte properties:
ionic species, pH, conductivity, temperature, volume, flow rate;
• Surface condition of the metal:
surface treatment, passive film, corrosion product;
• Environment effects:
forms of moisture, cyclic wet/dry, solar radiation, climate, seasonal variations.
Galvanic corrosion can obviously be utilized as a galvanic cell. In industry ap-
plications, sacrificial anodes have been used to protect metallic structures (e.g. steel
water or fuel pipelines and storage tanks, as well as ship and boat hulls) in various
environments. On the other hand, galvanic corrosion can also be utilized to accelerate
the dissolution of the anode material. The factors that affect the corrosion rate of
the galvanic anode in an bimetal couple include anode/cathode area ratio, electrolyte
conductivity, temperature, etc.
3.4.1.2 Materials of Conductors
As mentioned in Section 2.2, there are three good candidate biodegradable metals:
Mg, Fe, and Zn. Mg and its alloys possess excellent electrical properties, however,
reasonable thick films of Mg are challenging to deposit, e.g., through ventional elec-
trodeposition from aqueous solution. Due to its high magnetic permeability, Fe alone
cannot be used in RF sensing due to poor AC conductivity. On the other hand, Zn
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has good conductivity with bulk resistivity only 3.5 times higher than that of Cu,
and can be readily electroplated to a relatively large thickness (more than 50 µm).
Therefore, Zn is chosen as the main biodegradable metal of conductors in the sensors.
For the rapidly degrading sensors, a certain quantity of pure Fe is employed to-
gether with the Zn to form Zn/Fe-couple conductors. This small amount of Fe can
promote accelerated degradation of Zn by galvanic corrosion, and itself degrade once
the Zn has completely dissolved. Even though the bulk Fe degrades very slowly in
vivo [113, 114], by limiting the total volume utilized in the conductors, the entire con-
ductor is expected to exhibit an accelerated degradation. Moreover, the degradation
rate of the conductors is expected to be adjustable by changing the area ratio of Zn
: Fe exposed to the electrolyte. The detailed degradation rate study of Zn/Fe-couple
with different Zn : Fe area ratio is presented in Section 4.2.
3.4.2 Biodegradable Dielectrics
One of the main objectives of this work is to explore the feasibility of fabricating and
characterizing completely biodegradable wireless sensors; therefore, only commercial-
ized and FDA approved biodegradable polymers are under consideration here.
Because of its good mechanical property and processability, PLLA is utilized as
the main dielectric (package) and thin dielectric layers that enable separation of the
two capacitor plates (spacer) for the slowly degrading sensors. After comparing the
processability (polymer dissolving time, film casting and film embossing feasibility)
and mechanical properties of three samples (Mw = 221 000, 674 000 and 1 465 000)
provided, PLLA with inherent viscosity (IV) of 3.8 dL/g (labelled as PL 38, Mw =
674 000) from Purac (Netherlands) is utilized. A small amount of PCL is also utilized
as a bonding agent during lamination due to its low melting temperature. PCL with
IV of 0.65 - 0.85 dL/g (labelled as B6003-1) is purchased from LACTEL Absorbable
Polymer (USA).
46
For the rapid degradation sensors, a PLGA/PVA ”shell-core” bilayer structure
is proposed as the package. Among all the commercialized biodegradable polymers,
PLGA with 50:50 (DL:PLG) mole ratio exhibits the most rapid degradation rate
(complete dissolution within 2 months) [96]. However, PLGA is amorphous with a Tg
of 40 - 47 ◦C. Therefore, it is difficult for PLGA to maintain stable and appropriate
mechanical properties at the body temperature of 37 ◦C. Therefore, PVA is adopted
here as the main mechanical support in the sensor package. In this PLGA/PVA
bilayer package structure, the PLGA is located outermost, in direct contact with the
environment, and performs the functions of defining the degradation time of the sensor
as well as protecting the water soluble PVA inside propr to the PLGA dissolution.
The PVA is encapsulated inside the sensor and performs the functions of supporting
the PLGA and defining the deflection of the polymer membranes before they are
dissolved in saline/body fluid.
To obtain the most rapid degradation rate of the sensor, two types of acid-
terminated PLGA 50:50 (DL:PLG) with IV of 0.2 dL/g (labelled as PDLG 5002A,
Mw = 17 000) and 0.4 dL/g (labelled as PDLG 5004A, Mw = 44 000) that exhibit the
most rapid degradation rate on the data sheet (5002A: 0.5-1 month; 5004A: 0.75-1
month) are purchased from Purac (Netherlands). Upon testing, due to its very low
molecular weight, PDLG 5002A is very unstable and the cast film is too brittle to
handle. On the other hand, PDLG 5004A exhibited excellent processbility and a sat-
isfying degradation rate. Therefore, PDLG 5004A is utilized in the rapid degradation
sensor. Based on the solubility of PVA in water shown in Figure 7, to achieve 100%
dissolution of PVA under 37 ◦C ultimately, 87 -89% hydrolyzed PVA with average
Mw = 31 - 50kg/mol (Sigma-Aldrich) is utilized in this work.
The summary of the properties of the biodegradable polymers utilized in this study
are listed in Table 1. The properties of all the polymers except PVA are obtained
from the data sheet provided by the manufacturer. The degradation time refers to
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the time period for the polymer to achieve complete mass loss, and it depends on
processing method, device geometry, and implantation site.
Table 1: Biodegradable polymers utilized in this work
Sensor Application Slow Degrading Sensor Rapid Degrading Sensor
Polymers PLLA PCL PLGA PVA
Mw (kg/mol) 674 37 44 31 − 50
Tg (
◦C) 60 − 65 -65 − -60 42 − 47 85
Tm (
◦C) 185 − 195 58 − 63 Amorphous 200
E (GPa) 3.0 − 3.7 0.2 − 0.4 3.4 − 3.5 3.5
Degradation Time > 2 years > 2 years 3 − 4 weeks Soluble
3.5 Sensor Design and Simulation
Generally speaking, wireless sensors with interlayer conducting vias that connect the
upper and lower portions of the sensor conductors exhibit higher quality factor due to
reduced energy loss. Therefore, most of the fabrication and characterization in this
work is concentrated on sensors with a conducting via. The geometry of the sensors
without a conducting via can be found in the end of the sensor fabrication Section 5.2
with two demos.
To meet the size requirement of the sensor, the outer radius of the planar spiral
inductor is set to be 0.5 mm. To achieve a sensor resonant frequency f0 between
20 to 60 MHz and quality factor of more than 20, the dimensions of the planar
inductor, the capacitor and the polymer spacer (which defines the dimension of the
cavity and distance between the two capacitor plates) are finalized based on the
calculation results using the models discussed above, as well as fabrication feasibility
considerations. The dimension of the planar inductor and capacitor plates are the
same for all the wireless sensors with conducting via, while the thicknesses of both
polymer spacer and packages are different to achieve different f0 and sensitivity. It is
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also interesting to learn whether the functional lifetime and/or degradation behavior
of the sensor would be affected by the thickness of the polymer package.
To determine the proper thickness range of the polymer package that would im-
plement reasonable sensitivity, the capacitance change (and ultimately the resonant
frequency change) of the sensor as a function of applied pressure is simulated by
finite element simulations (COMSOL 4.2). The metal electrical interconnects be-
tween the inductor and the capacitor plates are not depicted. Electrostatic analysis
and solid-mechanical analysis are coupled by adopting moving mesh method. A
two-dimensional axisymmetric model was used. The geometry of the simulation was
simplified by neglecting the inductor coil and via structures. The properties required
for simulation of the polymer and metal are adopted from that of PLLA and Zn,
shown in Table 2.
Table 2: Materials properties value for COMSOL simulation
Polymer (PLLA) Metal (Zn)
Young’s modulus E (Gpa) 3.1 100 [76]
Poisson’s ratio ν 0.35 [65] 0.25 [76]
Dielectric constant 3 [104] -
Three different radii of deflecting diaphragm (cavity radius) and two different
polymer diaphragm thicknesses, chosen with fabrication constraints as well as desired
Table 3: Dimensions of the sensor designs for simulation
Design Name
Cavity radius Polymer thickness
(mm) (µm)
A− 200 1.8 200
B − 200 2.1 200
B − 400 2.1 400
C − 200 2.4 200
C − 400 2.4 400
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performance in mind, were selected for detailed modeling (Table 3). The initial gap
between capacitor plates and the thickness of the metal plates are set at 30 µm and
65 µm. The radius of the cavity, which ultimately defines the radius of the deflecting
diaphragm, is set smaller than the radius of the capacitor plate (2.5 mm). Applied
pressures ranging from 0 to 20 kPa were simulated, and the capacitance (C) and
maximum/center deflection (d0) at each applied pressure is generated by COMSOL
simulation. The simulated C and d0 of design A-200 is shown in Figure 28. As
the pressure increases, the center deflection of the plates increases linearly, and the
capacitance also increases accordingly.
The normalized simulated capacitance change of all the geometric designs in Ta-
ble 3 is presented in Figure 29. The capacitance change is determined by both the
cavity radius and the polymer thickness. When the polymer thickness is the same,
the smaller the radius of the cavity, the smaller the capacitance change (design A-200
< B-200 < C-200). The thinner PLLA sheet exhibits a higher capacitance change
than the thicker PLLA sheet for the same cavity radius because of larger deflection
(design B-200 > B-400, design C-200 > C-400). The capacitance shows a linear
change as a function of applied pressure, due to the relatively small deflection of the

































Figure 28: Simulation result of capacitance (C) and maximum/center deflection
(d0) as functions of applied pressure of sensor with design A-200
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5.6% is exhibited for the design C − 200 under an applied pressure of 20 kPa.
The calculations and simulations presented above provide a toolkit for the design
of sensors with specific performance for a variety of application areas. Based on the
application areas of interest here (measurement of physiologically-relevant pressures
with reasonable pressure sensitivity and small overall sensor size), feasible geometric
designs of sensors that meet these requirements for a wireless biodegradable pressure
sensor with conducting via are presented in Table 4. The predicted electrical (induc-
tance and capacitance), and overall (initial resonant frequency, predicted sensitivity)
performance parameters of the sensors for these selected designs are shown in Ta-
ble 5. These calculated results will be used as a basis for fabrication, measurement,








































































Figure 29: Normalized capacitance change as a function of applied pressure for the
simplified sensor structure of different geometric designs in Table 3
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Table 4: Design of biodegradable wireless pressure sensor with conducting via
Senor Component Parameters value
Planar Spiral
Inductor
Line width (µm) 70
Line space (µm) 70
Number of turns 14
Thickness (µm) 50 - 80
Starting radius (mm) 2.75
Capacitor
Plate radius (mm) 2.5
Thickness (µm) 50 - 80
Conducting via Width (µm) 300
Polymer Spacer
Cavity radius (mm) 2.1
Thickness (µm) 20 - 40
Polymer Package Thickness (µm) 150 - 400
Table 5: Calculated sensor functionality of PLLA-based sensors with 65 µm-








Tgap = 45 µm
TPLLA = 300 µm
Inductance 2 µH 2 µH 2 µH
Total capacitance 10.98 pF 10.98 pF 7.91 pF
f0 under 0 pressure 34.0 MHz 34.0 MHz 40.0 MHz
Sensitivity (0-25kPa) -15.3 kHz/kPa -9.2 kHz/kPa -2.5 kHz/kPa
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CHAPTER IV
IN VITRO DEGRADATION STUDY OF PLGA AND ZN
BASED METAL(S)
The biodegradable sensors in this work consist of biodegradable polymers PLLA and
PLGA and water soluble polymer PVA as the dielectric materials, and bioderadable
metal(s) Zn and Zn/Fe-couple as conductors. It is therefore necessary to understand
the biodegradability of these materials. Although the degradation rates of biodegrad-
able polymers have been studied previously [146, 167, 82, 78, 26] there is less infor-
mation available for biodegradable metals in biodegradable sensor applications. The
degradation data of this particular PLGA (5004-A) that was utilized in this work
was also not found in the literature. Therefore, in this chapter, both the in vitro
degradation behaviors of PLGA films and biodegradable metal Zn and Zn/Fe-couples
are studied.
4.1 In Vitro Degradation of PLGA Films
Two PLGA films with thicknesses of approximately 100 µm and 200 µm are solvent-
cast from dichloromethane (DCM) solution on a polytetrafluoroethylene (PTFE)
Petri dish. After drying under room temperature for 3 days, the films are peeled
off the substrate carefully with tweezers, and further dried at 37 ◦C for 1 day. Then
each piece of film is trimmed into two pieces with shape and volume similar to the
ones utilized in the sensor. Each of these four PLGA films is placed in one glass vial
(the weight of the vials and the films are measured individually), and approximately
20 mL of 37 ◦C saline is added in the vial. The glass vial containing the PLGA
immersed in saline is placed in an incubator at 37 ±0.5◦C with gentle agitation on a
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shaker at 30 rpm. Intermittently during the in-vitro degradation test, the glass vial
containing the PLGA is removed from the incubator. The saline inside the vial is
drained carefully, and the PLGA film inside the vial is rinsed with DI water in excess
of 4 times. The PLGA is then dried at 37 ±0.5◦C for 24 hours before the weight is
measured. PLGA is very sticky, especially at the final stage of the degradation, and
will adhere to the substrate during drying; therefore, the PLGA film is not removed
from the glass vial during the weighing step. Instead, the weight is subtracted from
the original weight of the vial, polymer, and saline; in this fashion, the accuracy of



















Figure 30: Pictorial history of a PLGA film in-vitro degradation study of (a) 0 day,
(b) 2 days, (c) 7 days. (d) 15days, (e) 20 days, (f) 25 days.
A pictorial history of one of the PLGA films before and during the entire in-
vitro degradation study is shown in Figure 30. Except for the picture of the PLGA
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specimen before the degradation study, all the other pictures are taken before the
film is dried, because while PLGA turns opaque white when hydrated in saline, it
returns to completely transparent after drying and therefore would be difficult to be
distinguished in the photo.
For the first seven days of the degradation test of the PLGA specimen, the shape
and materials of the polymer appear relatively unchanged. After the PLGA has been
degraded in vitro for 15 days, signicant transformation in shape and loss of material is
observed. As the degradation continued, the quantity of remaining polymer continued




























Figure 31: The remaining weight of the PLGA-film specimens during the in-vitro
degradation
The remaining weight of each specimen during the degradation test is presented in
Figure 31. The weight change behavior of all four specimens are indentical dispite the
different thickness. The weight of the PLGA remains relatively constant during the
first 10 days, suddenly decreases dramatically between 10 and 15 days, and continues
diminishing rapidly until almost all the materials are degraded at 25 days. This
behavior agrees with the physical appearance change of the PLGA films observed in
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Figure 30. It is a very typical weight loss behavior of biodegradable polymers that
undergo bulk erosion [41]. During the first stage, water penetrates into the PLGA
polymer matrix and hydrolyzes the polymer chains, while the size of the polymer
remains relatively stable (before 10 days). Then as molecule chains fragment, the
monomers and oligomers will leave the PLGA matrix, and the weight of the polymer
is reduced rapidly. By calculating the remaining weight percentage of all the four
specimens, the weight loss in the first 10 days in less than 15%, while by day 15,
the weight loss is more than 60%. After the PLGA films are degraded for 25 days,
less than 2% of the original weight remains. Therefore, it can be concluded that































Figure 32: Weight loss rate of he PLGA-film specimens during the in-vitro degra-
dation
The weight loss rate at each time point is calcuated by dividing the weight loss
between this time point and the previous time point by the time period. The result
of the weight loss rate for each specimen is plotted as a function of degradation time
in Figure 32. A dramatic increase of the degradation rate is observed at day 15, with
a maximum value of approximately 7.3 mg/day. The high degradation rate afer 15
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hours corresponds to the stage that the polymer loses its shape and volume. In the
application of biodegradable sensors, the degradation rate is less important than the
degradation lifetime of the polymers. Therefore, no detailed study is performed to
explain the exact degradation rate.
4.2 Degradation Behavior of Biodegradable Metal Zn and
Zn/Fe-couple
The corrosion rate of metal and metal couples can be measured by means of elec-
trochemical techniques and physical loss measurements [110, 37]. The main advan-
tages of electrochemical techniques include sensitivity to low corrosion rate, short ex-
perimental duration, and well-established theoretical understanding [110]. However,
measurement of the physical weight loss can provide direct corrosion rate results and
real-time appearance change of the metals, which would be useful in the study of the
degradation of the sesor. Therefore, single metal Zn and Zn/Fe-couple are studied
using both electrochemical techniques and physical loss measurement.
4.2.1 Electrochemical Study of Degradation of Zn and Zn/Fe-couples
Electrochemical techniques for corrosion studies usually involve polarization. Po-
larization describes the potential change from the equilibrium potential caused by
applying a net current to or from an electode [122]. In the ideal case, where there
is only one anodic and one cathodic reaction on the corroding surface, a linear rela-
tionship between potential (E) and logarithmic current (LogI) can be found when
the electrode is polarized to sufficient polarization both in the anodic and cathodic
directions. The linear regions are denoted Tafel regions, mathematically expressed














where Inet is the current, Icorr is the current at corrosion potential Ecorr, and E is the
applied potental. βa and βc are the Tafel constants (the anodic and cathodic slopes
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of the E − logI plot of the Tafel regions). An example of the plot of a corroding
metal showing Tafel behavior under polarization is shown in Figure 33 [110]. The
corrosion current Icorr and potential Ecorr can be determined by the extrapolation of
either anodic or cathodic or both Tafel regions.
Figure 33: Hypothetical cathodic and anodic Tafel Polarization diagram
Potential dynamic polarization is utilized in this work to obtain the polarization
E − logI plot. In the potential dynamic polarization measurement, the continuesly
changing potential is impressed on the working electrode (the sample to be measured)
and a counter electrode (platimum, Pt) at constant rate to polarize them in the oppo-
site direction. A reference electrode (Saturated Calomel electrode, SEC) is connected
to the working electrode through a high-impedance voltmeter, to prevent any current
passing through the reference electrode. The current and potential (compared with
the reference electrode) of the measured metal are recorded simultaneously.
A Zn specimen with thickness exceeding 100 µm is fabricated by electroplating
on a Kaptonr film with Ti-Cu-Ti seed layer through a photoresist mold, followed by
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peeling off the Kaptonr and removing the seed layer (details can be found in Chap-
ter 5). The freestanding metal piece is connected to the electrode with all but 1.2
cm2 on the surface covered by electroplater’s tape (eletricity and water proof). In
the biodegradable sensors in this work, Fe is eveporated on Zn; therefore direct mea-
surement of the electrochemical data of the evaporated Fe itself would be desirable.
However, during the testing, it is observed that evaporated Fe would delaminate from
the substrate and fragment during the polarzation experiment, mainly due to the in-
tense andodic polarization, therefore disturbing the current data as well as altering
the Fe surface area of the Fe. Different substrates including glass, Si wafers, Kaptonr
films, and wafers with parylene coating were utilized without success. Therefore, a
pellet (diameter = 3 mm) ordinarily used as a source for E-beam evaporation is uti-
lized as the Fe specimen; this material is connected to a conducting wire and mounted
to a thick epoxy chunk prior to immersion in solution. The scan rate is 0.5 mV/s,
and the electrolyte is 0.9% saline. To achieve a similar set-up to that used in in-vitro
degradation, the saline is preheated to 37 ◦C and placed in the water bath under
37 ◦C during the entire polarization measurement. The recorded potentialdynamic
polarization diagrams of Zn and Fe are shown in Figure 34.
The corrosion current density of Zn is between 10 to 20 µA/cm2, and the corrosion
potential is approximately -1.04 V (vs. SCE). This result is slightly smaller than the
results of Zn in 3.5% NaCl solution presented in [166, 135, 81] (30-60 µA/cm2),
presumably due to the lower concentration of NaCl investigated here.
The galvanic corrosion rate of two metals can be roughly predicted by super-
imposing the polarization curves of the anodic and cathodic metals; the point at
which these curves cross yields the expected corrosion current [63, 56, 137]. This
prediction is fairly accurate when the open circuit potential of the anode and cathode
are relatively far apart (more than roughly 120 mV depending on the slopes of the


























Figure 34: Potentialdynamic polarization diagrams of Zn and Fe in 0.9% NaCl
under 37◦C.
ratio is not 1 : 1, the polarization curves of anodic and cathodic materials can be
multiplied by their respective wetted surface area. The predicted corrosion current
and exact corrosion potential then correspond to the intersection of the anodic and
cathodic curves [49, 56, 63]. The polarization curves were tranformed by this means
utilizing the result of Figure 34, with Zn area maintained at 1 cm2, and Fe area of
0.1 cm2, 0.2 cm2, 0.5 cm2 and 1 cm2. The results are plotted in Figure 35. Note
that the current rather than current density is used for the x-axes in this polarization
diagram.
Assuming anodic reactions occur only on Zn surfaces, the corrosion current density
(where the current density is calculated based on the area of exposed Zn) of Zn/Fe-
couples with different Fe : Zn area ratio (from 0.1 to 2) is plotted in Figure 36. It is
noted that the corrosion current is not linearly dependent on the Zn : Fe area ratio.
One possible reason for this nonlinearity is that based on the point at which the two
curves cross for a given area ratio, the corrosion does not occur in the Tafel region
of both metals. In this case, the relationship between the corrosion current and the
area ratio would not be linear; instead, the corrsion rate is at least in part controlled
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Figure 35: Superimposed polarization diagrams of Zn (0.1 cm2) with Fe (0.1 cm2,

































Figure 36: Predicted galvanic corrosion current density (based on Zn area) cal-
culated by superimposing polarization diagrams as a function of the Fe : Zn area
ratio
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4.2.2 Weight-loss Measurement of Zn and Zn/Fe-couples In Vitro
The weight loss measurement is performed by immersing each freestanding electro-
plated metal specimen in approximately 20 mL of saline (0.9% NaCl, pH 6.8), and
placing the immersed specimen in an incubator at a temperature of 37±0.5◦C with
gentle mechanical agitation. The agitation is achieved by placing the container of
the specimen on a shaker at 30 to 60 rpm. The weight of each specimen is measured
every four hours over the first 56 hours, and approximately every 12 hours over the
subsequent 120 hours. Each specimen is rinsed with approximately 50 mL deionized
(DI) water for at least 3 times and dried thoroughly in a 37±0.5◦C oven overnight
before the weight measurements. After the specimen breaks into smaller pieces, filter
paper with pore size of 20 µm is used to collect the remaining debris for weighing,
and the debris is transferred to a weighing paper for measurement. After measuring
the weight, each specimen (including debris) is placed back to the incubator under
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Figure 37: Metal specimens for in vitro degradation (weight-loss) measurement: (a)
electroplated pure Zn, (b)Zn/Fe(bilayer), and (c) Zn/Fe(checkers).
Two types of freestanding rectangular (0.3 × 2.5 cm) specimens are prepared:
pure Zn and Zn/Fe-couples. Zn specimens are prepared by electroplating through
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photoresist molds on Ti-Cu metallized Kaptonr films, peeling off the resultant rect-
angular metal pieces from the Kaptonr film, and removing the remaining Ti-Cu seed
layer by micro-polishing. The thickness of the specimens ranges from 60 to 100 µm.
Zn/Fe-couple specimens are prepared by depositing Fe on the electroplated Zn using
an E-beam evaporator (Denton Explorer). 400-700 nm of pure Fe is evaporated on
the surface of the Zn with a deposition rate of 0.05 nm/s and a chamber pressure
less than 1 × 10−6 torr. To prevent any oxidation of the metal, the chamber is not
vented until at least one hour after the evaporation concludes, thereby ensuring that
the chamber is completely cooled down. To obtain different area ratios of Fe : Zn,
Zn/Fe(bilayer) specimens with Fe evaporated entirely on one side, and Zn/Fe(checker)
specimens with Fe evaporated partially on the Zn surface in a checkerboard pattern
through an appropriate shadow mask are prepared. Shadow masks with arrays of
square holes are fabricated from 0.127 mm-thick blue tempered shim stock (Precision
Brand c©) using an IR laser. The electroplated Zn, Zn/Fe(bilayer) and Zn/Fe(checker)
specimens are shown in Figure 37 with the demensions of the different checker designs
listed in Table 6. Distinct color differeces can be observed between the region covered
by Fe (dark gray/black) and the exposed Zn (light gray/white).
Table 6: Dimension of evaporated Fe with different checker designs
Parameters
Checker pattern
A B C D E
Fe box side length (mm) 0.5 0.5 0.5 1 2
Distance between boxes (mm) 0.5, 1 0.5 0.21 0.41 1.41
Fe surface coverage (single side) 16.7% 25% 50% 48% 50%
Total Fe : Zn(exposed) area ratio 9.0% 14.3% 33.3% 31.6% 33.3%
After the rectangular specimen has been immersed in saline for 12 hours or less,
a signicifant amount of oxidized material is obversed on the surface of the Zn/Fe
couple specimens, as shown in Figure 38. Some of the residue is loosely attached
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to specimen and can be removed by rinsing the specimen in deionized water. There
are also some oxides observed in the pure Zn specimens in later time stages of the
degradation experiment.
Figure 38: Zn/Fe(bilayer) and Zn/Fe(checker) specimens after in-vitro degradation
test of 4 to 12 hours (immersed in saline before washing and weighing)
Scanning electron microscope (Hitachi S-3700N VP-SEM) pictures of the Zn/Fe-
couple specimen before and after (4 hours, 8 hours, and 12 hours) the degradation
test are shown in Figure 39, with the energy dispersive X-ray (EDX) element atomic
percentage listed in Table 7. Before degradation, the surface area with and without
Fe coverage can be distiguished in the SEM pictures by contrast difference; 100% Fe
and 100% (atomic%) Zn are also confirmed in these regions by EDX spectroscopy.
After the in vitro degradation, significant surface morphology differences are exhibited
between the area with and without Fe coverage, with the exposed Zn area undergoing
much more severe corrosion. A significant amount of oxygen is detected in the Zn
area. According to the mechanism of galvanic corrosion, Fe, which is the cathode in
the Zn/Fe galvanic couple, should be protected by the sacrificial anode Zn. However,
mild oxidation of Fe is observed in the SEM pictures, and the percentage of iron
in the EDX also shows a decreasing trend with time. Possible reasons include: (1)
the efficiency of the galvanic protection is less than 100%; (2) there are very likely
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some defects on the thin Fe films since the evaporation of these films takes place on
electroplated Zn that has a relatively rough surface compared to the iron thickness.
Such defects may expose the Zn beneath the Fe to the electrolyte during degradation,
leading to local galvanic corrosion, and expending the defects; (3) Fe can be oxidized
while drying the specimen before weight measurements. However, even with this
unexpected comsumption of Fe, there is still a sufficient amount of Fe preserved to
enable the prolonged corrosion degradation of the Zn/Fe couple.
Table 7: EDX element atomic percentage of Zn/Fe(checker) specimen after textitin-











Fe (%) 31 26 20
O (%) 39 42 44
Zn (%) 30 32 36
Exposed Zn area
Zn (%) 35 30 33
O (%) 63 68 67
Cl (%) 2 2 -
Pictorial histories of the Zn-Fe-checker and Zn-Fe-bilayer specimens over the 200-
hour experiment duration are shown in Figure 40. Initially, a white oxidation prod-
uct is observed, consistent with Zn oxidation [21], Fe also remains detectable by
its dark gray/black color. As the degradation of the Zn/Fe couple continued, the
specimens gradually lost their physical integrity. The fragmentations begin with
the Zn region without Fe-coverage for the Zn/Fe(checker) specimens and the edge
for the Zn/Fe(bilayer) specimens. Then the specimens gradually break into smaller
fragments, and brown/red iron oxides begin to be observed, consistent with iron
oxidation [98]. The breaking regions are the Fe-Zn junctions where Fe is directly




Figure 39: SEM picture of Zn/Fe/(checker) specimen (a) before degradation test ,
and (b)after in vitro degradation of 4 hours, 8 hours and 12 hours, with zoomed-in
image of the area in the yellow box shown in the bottom row)
strongest galvanic corrosion. This ralatively controllable fragmentation can be utilized
in designing the metal-couple to achieve certain shape/dimension during degradation.
Meanwhile, such fragmentation is not observed in Zn specimens within 300 hours of
in-vitro degradation; most of the Zn specimens maintain their physical integrity, with
a few specimens breaking into two or three sections. For the corrosion of Zn, sim-
ple oxidation products including ZnO, Zn(OH)2 will be produced, and these simple
66
products will slowly be converted to zinc hydroxycarbonates (i.e. Zn4CO3(OH)6·H2O
and Zn5(CO3)2(OH)6) and zinc hydroxychloride (Zn5(OH)8Cl2·H2O) in the presence
of CO2 and chloride species with minutes or hours [44, 83]. Generally, zinc hydroxy-
carbonates are widely accepted as a insoluble passive film, while oxidation products
containing simple oxides and chloride species are more soluble [19].
(a)
(b)
Figure 40: Pictorial histories of the Zn/Fe-couple specimens (a)Zn/Fe(bilayer), and
(b) Zn/Fe(checker-C) over the 204-hour experiment duration
Because the specimens studied in this work vary in thickness, exposed Zn area
and Fe area, it is challenging to compare the absolute weight change between dif-
ferent kinds of specimens. If assuming only Zn is degraded until the end stage of









































































Figure 41: Weight loss per unit area of initial exposed Zn as a function of degrada-
tion time of (a)pure Zn, and (b) Zn/Fe-couple
normalized by the area of the Zn. However, after the specimen fragments, the exact
area of the Zn is difficult to determine. Therefore, the initial exposed Zn areas are
utilized here as the normalizing area; this approximation will become less valid as
fragmentation proceeds. The weight losses of pure Zn and Zn/Fe-couples normalized
by the initial exposed Zn areas are plotted as a function of the degradation time in
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Figure 41. The results of at least three specimens of each design are collected and
analyzed for calculation of the average value and the standard deviation.
During a 300-hour degradation time period in vitro, the Zn weight loss per unit
area increases approximately linearly with the degradation time (Figure 41(a)), in-
dicating that the degradaon rate of the Zn maintains relatively constant. However,
a slight slope decrease and shift are observed within the initial 24 hours and be-
tween 191 and 215 hours; this might be due to the formation of localized passive
films [101, 20] on the Zn surface. During the entire in vitro degradation of Zn in this
study, the average degradation rate (i.e.,the slope of the weight loss per unit area vs.
degradation time curve) is 0.062 mg/(cm2 · hour), which corresponds to a average
degradation thickness of 2.08 µm/day. After 300 hours of degradation, the average
weight loss per unit area of Zn is apprximataly 16.5 ± 0.7 mg/cm2.
For Zn/Fe-couple specimens in Figure 41(b), for each type of Zn/Fe-couple speci-
men, the degradation follows similar behavior: within an initial short period of time
(before apprximately 50 hours), the weight loss per unit area increases almost linearly
with degradation time. After this initial period, the weight loss per unit area still
increases as the degradation test continues; however, the rate of increase gradully
slows down. This is very likely due to two reasons: (1) when the specimens degrade
and loss physical integrity, the total area of the exposed Zn changes, too. As shown
in Figure 40: after 48 to 60 hours, a noticeable amount of metal has degraded; after
108 to 132 hours, significant amounts of material have been consumed. Therefore,
the total area of Zn has decreased significantly, while the weight loss per unit area of
Zn is still calculated by dividing the absolute weight loss by the initial Zn area; (2)
the galvanic corrosion speed is reduced due to the fact that Fe is partially oxidized
unexpectedly as discussed above.
For different Zn/Fe-couple specimens, the degradation rate decreases as the Fe











































Figure 42: Weight loss per unit are of initial exposed Zn as a function of degradation
time of Zn/Fe(checker-C) and Zn/Fe(checker-E)
Zn/Fe(checker-A). This is due to the mechanism of galvanic corrosion: during the
galvanic corrosion of the Zn/Fe-couple, electrons transfer from Zn to Fe to protect
the Fe from being oxidized. The greater the area of Fe that is in contact with the
electrolyte, the more electrons it requires to avoid corrosion; therefore, the greater
the rate of consumption of Zn. Initially, it was suspected that the degradation rate
might also correlate to the total perimeters of the Fe checker ’boxes’, where the
galvanic corrosion occurs most dramatically. To test this hypothesis, the degradation
of Zn/Fe(checker-C)and Zn/Fe(checker-E) that possess similar Fe/Zn area ratio but
with different Fe perimeters are studied. The specimen weight loss per unit area
of Zn plotted as function of degradation time of these two types of Zn/Fe(checker)
specimens is shown in Figure 42. Identical degradation curves are observed among
the Zn/Fe(checker) specimens with C and E design. Therefore, the impact of the Fe
perimeters on the degradation rate of Zn/Fe-couples can be excluded based on this
result.









































Figure 43: Degradation rate using weight loss of Zn for Zn and Zn/Fe-couple rect-
angular specimens in the first 24 hours of in vitro degradation compared with the
simulated degradation rate based on electrochecmical testing
the Fe:Zn area ratio, the average degradation rate of each kind of sample based on
the first 24 hours are collected and analyzed. Utilizing the result of the initial 24
hours rather than that of a longer period of degradation time is expected to minimize
the effects of reduced specimen area and consumption of Fe. The results of at least
three specimens for each area ratio are included, except for specimens with checker-
patterned Fe covered on both sides of the Zn (with design of checkers-B-B (two
specimens included) and checkers-A-C (one spceimen included)). The slope of the
weight loss per unit area of Zn as a function of the degradation time is utilized as the
degradation rate for each specimen, and the data among specimens is calculated as
the average and standard deviation of this slope. This calculation is then repeated
for each area ratio of Fe:Zn. The calculated degradation rate result is plotted as a
function of the Fe/exposed Zn area ratio, and compared with the simulated result
based on electrochecmical testing, shown in Figure 43. The simulated result based
on electrochecmical testing of Zn and Fe is obtained by converting the Zn corrosion
current density in Figure 36 to the equivalent weight change rate of Zn (100 µA (Zn)
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→ 0.122 mg/hour) by means of Faraday’s law.
The corrosion rate obtained by weight loss of the Zn/Fe couple and superimposed
polarzation diagram of Zn and Fe agree fairly well when the Fe: Zn area ratio is
less than 0.25 and higher than 0.5. The reasons for the relatively higher degrada-
tion rate obtained by weight loss (mainly Checkers B and C) are still under further
investigation.
4.2.2.1 Effects of Zn Surface Morphology on Depgradation Rate of Metals
As discussed above, the surface area of both exposed Zn and Fe are important parame-
ters to determine the in vitro degradation rate of biodegradable metals. Electroplated
Zn does not have a perfectly smooth surface, the microscopic surface area is different
from the macroscopic area. Therefore, the possible effect of Zn surface morphology
on the degradation rate of Zn/Fe-couples is studied here.
Three different Zn surfaces were prepared that ultimately acted as substrates for
the evaporation of iron. The first surface (Surface I) comprised the electroplated
Zn without any subsequent modification; this surface was identical to the surfaces
described above. The second surface (Surface II) comprised the electroplated Zn that
was subsequently polished using 2000 grit sandpaper; this resulted in a significantly
smoother surface but did preserve large numbers of concavities in the surface. The
third surface (Surface III) was the Zn surface that had initially been in contact with
the seed layer, i.e., the bottom side of the electroplated Zn layer. Since the roughness
of Surface III is dictated by the roughness of the substrate and seed layer (both
of which are relatively smooth), this surface was also correspondingly smooth. SEM
pictures of these three Zn surface mophologiesprior to the evaporation of Fe are shown
in Figure 44.
Approximately 500 - 700nm of Fe is evaporated in different checker and bilayer pat-
terns onto specimens bearing Surfaces I, II, or III. After Fe evaporation, degradation
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(a) (b) (c)
Figure 44: SEM pictures of (a) top surface of electroplated Zn without polishing
(Surface I), (b) polished top-surface of Zn (Surface II), and (c) back-surface of Zn
(Surface III)
tests for 4, 12 and 24 hours are performed as described above. After the specimens
are rinsed with DI water and dried throughly, one specimen of each surface type
is selected and characterized using SEM and EDX. SEM pictures of Zn/Fe(checker)
specimens on Surfaces II and III are shown in Figure 45 and Figure 46, with the
EDX element atomic percentage listed in Table 8. Similar to the Surface I behavior
described previously, significant corrosion of the exposed Zn region between the Fe
covered regions is observed in both Surface II and III specimens. For all surface types,
Fe-covered regions remain well-protected during the first 4 hours, and start to mildly
degrade after 12 hours. Overall, in the SEM pictures, the corrosion of the specimens
with Fe on Surface II appears more extensive than Surface III. However, the element
atomic percentages as determined by EDX of these two specimen types do not exhibit
significant differences. In Figure 45(b), significant amounts of Zn oxidation products




Figure 45: SEM pictures of Zn/Fe(checker) specimen with Fe evaporated on Surface




Figure 46: SEM pictures of Zn/Fe(checker) specimen with Fe evaporated on Surface
III: (a) before degradation test, and (b) 4, 12, 24 hours after degradation test
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Table 8: EDX element atomic percentage of Zn/Fe(checker) specimens with Fe




Area with Fe coverage Exposed Zn area




4 66 24 10 45 55 -
12 38 31 31 33 65 2




4 55 29 16 37 62 1
12 28 45 27 31 68 1


















































































Figure 47: Weight loss per unit area of exposed Zn as a function of degradation
time of rectangular metal specimens of (a) Zn/Fe(checker-C), and (b) Zn/Fe(bilayer),
parameterized by surface type
In addition to analyzing the atomic composition of degradation products on var-
ious surface types, it is also instructive to determine whether the corrosion rate of
Zn/Fe couples is affected by the these different Zn surface morphologies. To determine
this effect, an experiment was performed in which three different Zn:Fe area ratios,
Zn/Fe(checker-A), Zn/Fe(checker-B) and Zn/Fe(bilayer), were prepared on each of
the surface morphologies. The degradation rate of each surface type, with the same
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Fe:Zn area ratios on each type, are compared. The result of the measurements, i.e.,
weight loss per unit area of exposed Zn as a function of degradation time for two
of the area ratios, parameterized by the three different surface morphologies, for the
initial 24 hours of degradation are plotted in Figure 47. No significant differences are
observed among specimens with Fe on different surface morphologies.
4.2.2.2 Effects of the Volume of Saline and Agitation on the Degradation Rate
of Metal(s)
As the metal(s) degrade in saline, the concentration of the various ions present as
well as the pH of the electrolyte will gradually change, and the degradation rate of
the immersed metal may be affected accordingly. However, if the electrolyte volume
is infinite, the ion concentration and pH can be considered constant. Therefore,
for engineering purposes it is instructive to consider where there exists a volume
threshold of the electrolyte above which the electrolyte can be considered ”infinite”,
and in which previous metal dissolution does not affect the subsequent degradation
rate of the specimens.
To characterize the effects of volume and gentle machanical agitation (shaker
with rate of less than 50 rpm) on the in vitro degradation rate of the metal(s), plated
pure Zn and Zn/Fe-couple (using the checker-C design as an example) specimens
are placed in different degradation enviroments (i.e, differing saline volume, with or
without agitation). To minimize the the effect of individual specimen degradation
fluctuation, each specimen is also placed in different degradation enviroments set-up
sequentially as described below; this allowed the tests to be carried out using fewer
samples. At least three weight measurements are performed for each specimen under
each degradation enviroment. The pH of the saline environment is also monitored
during the entire set of degradation tests.
(1) Electroplated Pure Zn Specimens
For pure Zn specimens, the weight of each specimen is measured every 8 hours,
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a weight loss rate is calculated every eight hours, and the saline is refreshed every 8
hours. The selected enviroments for the degradation tests are 20 mL saline, 70 mL
saline (with and without agitation), 150 mL saline , 200 mL saline (with and without
agitation), a total of six environments. The pH of the saline solutions are measured
during the degradation tests; it was observed that the pH remained between 6.5 and
7.8 during the entire set of degradation tests.
The degradation rates of eight Zn specimens in different degradation enviroment
set-ups are shown as functions of degradation time in Figure 48. The color of the
column represents the degradation enviroment. The degradation rate during each
enviroment is extracted from the slope of the weight loss per unit of exposed Zn area
vs. degradation time. Three such measurements were taken for each environment at
times of 8, 16, and 24 hours. The height of the vertical bar is given by the mean
of these three measurements, and the error bar is the root-mean-square deviation of
these three measurements for a particular enviroment. As an example, consider the
specimen Zn− 1 in Figure 48: Zn− 1 is first placed in 20 mL saline with agitation
at 37 ±0.5◦C for 24 hours (with measurements of weight loss being performed at
8, 16, and 24 hours during this first degradation), then Zn − 1 is placed in a 70
mL saline with agitation environment at 37 ±0.5◦C for an additional 24 hours (with
measurements of weight loss being performed at 8, 16, and 24 hours during this second
degradation). In this manner, during the entire degradation test, the weight of the
Zn − 1 specimen is measured every 8 hours. The saline is also refreshed every 8
hours. The degradation rate of Zn − 1 is 0.0829 ± 0.007 mg/(cm2 · hour) during
the initial 24 hours (20 mL saline) and 0.0803 ± 0.009 mg/(cm2 · hour) during the
second 24 hours (70 mL saline). These numbers represent the means and standard
deviations of the weight loss rates measured between 0-8, 8-16, and 16-24 hours for
each environment. The average degradation rate of Zn in each enviroment is compared
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Figure 48: In vitro degradation rate as a function of degradation time of eight elec-
troplated Zn specimens in different degradation enviroments. Agitation was employed
unless ’no agitation’ is specified.
the same environments (for example, the red bars indicating the 20 ml with agitation
environment which exist for specimens Zn-1, Zn-2, Zn-3, and Zn-4), the summary red
bar in Figure 49 represents the mean and standard deviation of these four bars. In
the case of only a single sample is subjected to an environment (for example, the 70
ml with no agitation environment which exists only for specimen Zn-7), the summary
light blue bar in Figure 49 is taken directly from Figure 48.
Based on the degradation results in Figure 48 and Figure 49, significant degrada-
tion rate differences are observed between the degradation enviroments that employ
mechanical agitation and those that do not. For both the 70 mL and 200 mL environ-








70ml (no agitation) 200ml (no agitation)
Zn
Figure 49: Summary of In vitro degradation rate of Zn in different degradation
enviroments
agitation resulted in a dramatic decrease of degradation for the cases of no agitation.
This effect, consistent across all Zn samples, can also be seen in Figure 48 when a
sample moves from an agitation to a non-agitation environment even with a change
in saline volume. One potential explanation for this could be local concentration
accumulation: without the agitation, the ions move much slower (through diffusion
rather than convection); therefore the ions consumed or generated near the corrosion
site cannot be as rapidly exchanged with the ions in the electrolyte far away. The
local ion concentration and pH near the corrosion site will change significantly and
slow down the further degradation of Zn. This explanation could be strengthened
by comparing the magnitudes of the diffusion flux of ions to the generation flux of
ions during degradation; this was not performed. However, it was observed that un-
agitated 200 mL saline had a significantly lower degradatin rate than agitated 20
mL saline, presumably due to elimination of this local concentration accumulation
through convection.
With agitation, the degradation rates of Zn in the saline environments of more
than 20 mL remain constant at 0.0815 ± 0.009 mg/(cm2 · hour), independent of the
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total volume of the saline. This degradation rate agrees with the degradation rate
deduced above. This justifies the conclusion that agitated 20 mL saline with refresh
frequency of 8 hours (the protocol utilized to study the degradation rate of metal(s)
in Section 4.2.2) exceeds the volume threshold defined earlier so as to not affect the
in vitro degradation rate of Zn.
(2) Zn/Fe(checker-C) Specimens
Six Zn/Fe(checker-C) specimens are studied in this section. The weight of each
specimen is measured every 4 hours, and the saline is refreshed every 8 hours. The
degradation enviroments are 20 mL (with and without agitation), 70 mL (with and
without agitation), 150 mL, and 200 mL (without agitation). The pH of the saline
remains between 6.7 and 7.9 during the entire degradation test. The degradation rate
of each specimen as a function of degradation time is shown in Figure 50.
One phenomenon observed in the degradation rate results of Zn/Fe-couples and
not in that of pure Zn (Figure 48 is time dependency. All specimens (except C-
1) that begin their degradation histories in agitated saline show degradation rate
decreases as degradation time continues. This might be an artifact caused by the
Fe consumption and area loss as discussed in the previous section (Section 4.2.2).
However, in specimens C-5 and C-6, it is observed that the effect of adding agitation
to the system overcomes this prolonged degradation rate decrease phenomenon. For
example, consider specimen C-5. From 12-24 hours, C-5 is in an environment of 200
ml saline with no agitation. Subsequent immersion in 70 ml saline with agitation
results in a higher degraration rate, even though this sample is now in its third
degradation environment.
To exclude the time dependence of the degradation rate comparison among dif-
ferent enviroments, only the degradation rate of each specimen during the first 24
hours are collected for further analysis, consistent with the analysis of Section 4.2.2.
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Figure 50: In vitro degradation rate as a function of degradation time for six electro-
plated Zn/Fe(checker-C) specimens in different degradation enviroments. Agitation
is applied unless otherwise specified.
collected during the first 12 hours and the second 12 hours. The average degradation
rates of Zn/Fe(checker-C) together with the root-mean-square deviation are listed in
Figure 51. Similar to the resulf of pure Zn, the degradation rate of Zn/Fe(chekcer-C)
in agitated saline with volume from 20 mL to 150 mL remains constant at 0.367 ±
0.012 mg/(cm2 ·hour). This degradation rate also agrees with the model proposed in
Figure 43. Therefore, agitated 20 mL saline with refreshing frequency of 8 hours (the
protocol utilized to study the degradation rate of metal(s) in Section 4.2.2) exceeds
the threshold volume for Zn/Fe-couple degradation and will not affect the degradation
rate.








Figure 51: Summary of In vitro degradation rate of Zn/Fe(checker-C) under differ-
ent degradation enviroments. Agitation was utilized unless otherwise specified.
study of degradation rate of biodegradable metal(s) (i.e., immersing each specimen in
20 mL saline, and refreshing the saline every 8 hours) corresponded to the use of an
ı̈nfiniteämount of saline. In other words, the use of a limited volume of saline which
might otherwise lead to concentration accumulation and/or pH change in the vicinity
of the degradation site will not be a factor for the reduced degradation rate in this
metal degradation study if the above protocol is used.
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CHAPTER V
MICROFABRICATION OF THE COMPLETELY
BIODEGRADABLE WIRELESS PRESSURE SENSOR
As introduced in Chapter 1, MEMS technology has great potential in biomedical ap-
plications. However, conventional MEMS fabrication processes, which are usually uti-
lized on silicon wafers and inorganic films, normally involve strong and/or hazardous
chemicals. (e.g., hydrofluoric acid (HF), hydrochloric acid (HCl), potassium hydrox-
ide (KOH), ammonium fluoride (NH4F). For implantable applications, it is critical for
these sensors to be completely free of toxic residues. Furthermore, the implantable
sensors presented in this work are not only biocompatible, but also biodegradable.
Biodegradable materials are naturally more vulnerable to harsh environments and/or
chemicals. Therefore, any chemicals or processes that might introduce toxic chemicals
to the device or damage the biodegradable materials must be excluded.
In this work, novel fabrication processes that combine conventional MEMS tech-
nology with non-wet processes have been developed. Wireless pressure sensors both
with and without interlayer conducting vias (see section X) are fabricated using these
new processes.
5.1 Fabrication Process of Biodegradable Wireless Pressure
Sensor with Conducting Via
The wireless pressure sensor with conducting via is composed of a single planar spiral
inductor electrically interconnected with a parallel plate capacitor, shown in Fig-
ure 52. The conductor embedded in the polymer structure relies on metal electro-
plating followed by polymer embossing. A folding technique coupled with polymer
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multilayer lamination is utilized after embossing to create the final 3-D device struc-
ture with embedded pressure reference cavity and appropriately-positioned conductor
elements.
Figure 52: Schematic structure and composition of wireless pressure sensor with
conducting via.
The entire fabrication process for the wireless pressure sensors with conducting via
can be roughly divided into three parts: (a) building metal conductors, (b) preparing
the polymer dielectrics, and (c) assembling the metal and polymer to form the device.
The fabrication process for forming metal conductors for all types of fabricated sensors
does not vary from sensor to sensor, while the processes involving fabrication of the
biodegradable polymers do vary, because of the the dissimilar mechanical and physical
properties of these different biodegradable polymers. Biodegradable sensors in this
work can be divided into two types based on the main dielectric materials utilized
(package materials): PLLA based sensors and PLGA/PVA based sensors. In the
following sections, detailed fabrication processes for fabricating pure Zn conductors
as well as the additional procedures for Zn/Fe couple conductors is described, followed
by the fabrication processes of polymer preparation and sensor assembly of PLLA-
and PLGA/PVA-based pressure sensors, respectively.
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5.1.1 Fabrication Process of Zn Conductors
The Zn conductors are a planar structure comprising a single planar spiral inductor
connected to two capacitor plates. The entire conductor is built on a simultaneous
through-photoresist electrodeposition on a flexible and chemically-resistant polymer
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Figure 53: Fabrication process of building Zn conductors on Kaptonr film.
The process starts with sputtering a Ti-Cu-Ti seed layer on a pre-cleaned Kaptonr
film with thickness of 80 µm using a CVC DC sputter (Figure 53(a)). After a thin
layer (less than 10 µm) of negative photoresist NR9-1500PY (Futurres, Inc.) is spin
coated on to a rigid substrate (silicon wafer) as glue, the Kaptonr film with seed layer
is temporarily bonded to the wafer (Figure 53(b,c))(the detailed recipe can be found
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in Appendix A). The rigid substrate is utilized here as a temporary support to build
the photoresist mold for electroplating. Kaptonr tape with an approximate thickness
of 60 µm is applied on the edge of the Kaptonr film occasionally to reenforce the
bonding between the Kaptonr film and the wafer.
Afterwards, a thick photoresist mold is built on the Kaptonr film using pho-
tolithography (Figure 53(d)). Zn conductors are subsequently electroplated via pulse
reverse electroplating in the mold(Figure 53(e)). Upon completion of electroplating,
the photoresist is removed thoroughly in acetone(Figure 53(f)). Depending on the
desired thickness of the metal conductor, the thickness range of the mold is from
approximately 40 µm to 90 µm. Negative photoresist NR21-20000P (Futurrex, Inc.)
and NR22-20000P (Futurrex, Inc.) are used. Both oven and hotplate recipes are
used in this work, the details of the recipe can be found in Appendix A. The average
current density of electroplating of Zn is 6 mA/cm2. The electroplating process takes
4 to 10 hours depending on the designed final thickness. Figure 54 shows images of
one batch of the electroplated Zn conductors on metalized Kaptonr film after the
thick photoresist mold has been removed.
The Kaptonr film bearing the microfabricated metal conductor patterns is then
separated from the rigid substrate (Figure 53(g)). The separation step is readily
realized by placing the wafer on a hotplate (110 ◦C) and using tweezers to peel the
Kaptonr film off when the thin layer of photoresist (NR9-1500PY) is melted (usually
in less than 1 minute). The residue of thin layer of photoresist (NR9-1500PY) beneath
the Kaptonr film is wiped clean with acetone.
5.1.2 Additional Processes for Zn/Fe-Couple Conductors
As shown in the result of the metal degradation study in Section 4.2, Zn/Fe-couples
degrade much more rapidly than pure Zn. Therefore, if a rapid degradation rate
is demanded, Zn/Fe-couple conductors, rather than Zn conductors, are preferable.
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Figure 54: Electroplated Zn conductors on metalized Kaptonr film after removing
the photoresist and before being released from the rigid substrate.
Some additional processes need to be added prior to assembling the metal conductor
with the polymer dielectrics in this case.
5.1.2.1 Electroplate Zn/Fe(bilayer) Conductor
In MEMS fabrication processes, electroplating is generally used to obtain relatively
thick metal layers. In the case that more than 1 µm of Fe is required for the
Zn/Fe(bilayer) couple conductor, electroplating of Fe and Zn are utilized. To be
more specific: in the electroplating step described in Figure 53(e), the specimen is
first placed in an Fe bath and the desired thickness of Fe is deposited using direct
current electroplating with current density of 5 mA/cm2. The sample is rinsed in DI
water, and then Zn is deposited from a Zn bath using pulse reverse electroplating with
average current density of 6 mA/cm2. Figure 55 shows images of the electroplated
Zn Figure 55(a) and Zn/Fe(bilayer) inductor Figure 55(b) on metalized Kaptonr
film with a close tilted view of the windings. For the Zn/Fe(bilayer) inductor (Fig-
ure 55(b)), two metal layers can be clearly seen in the upper right scanning electron
microscopy (SEM) image: a thinner, bottom-most Fe layer and a thicker Zn layer




Figure 55: Electroplated (a)Zn and, (b)Zn/Fe bilayer on metalized Kaptonr film
5.1.2.2 Evaporation of Thin Fe on Zn Surface
For the biodegradable sensors that comprise Zn/Fe-couple conductors with either
complete or partial coverage of Fe on a single side of Zn, an additional step of evapo-
rating Fe on the Zn surface is required after the Kaptonr film bearing the microfab-
ricated Zn conductor is separated from the rigid substrate (step Figure 53(g)). The
Kaptonr film bearing the microfabricated Zn conductor is placed in the chamber of
a E-beam Evaporator (Denton Explorer), and 400 - 700 nm of pure Fe is evaporated
on the surface of the Zn. The evaporation process and shadow mask design for Fe
checker pattern can be found in Section 4.2. After Fe evaporation, the specimen is
gently blown using a nitrogen air gun to remove any loose flakes on the Kaptonr
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surface and between the windings of the inductor coils.
5.1.3 Polymer Preparation and Sensor Assembly of PLLA-based Pressure
Sensor
Once the biodegradable conductor patterns have been built on the Kaptonr film, the
































Figure 56: Fabrication process of PLLA-based biodegradable wireless pressure sen-
sor
The polymeric portions of the PLLA-based pressure sensor are comprised of three
polymer films: embossing PLLA film, PLLA spacer, and PCL spacer. PLLA and PCL
are dissolved in DCM and solvent casted onto a polytetrafluoroethylene (PTFE) petri
dish to obtain films with different desired thicknesses at room temperature. After
drying completely at room temperature, the polymer films are carefully peeled off
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from the substrate. The spacers are patterned as appropriate using a CO2 laser
(Figure 56(b)). The embossing film made of PLLA with a thickness of 200 - 400 µm,
will be used to support the entire metal conductor. PLLA spacers with a thickness
of 20 - 40 µm are patterned into a toroidal ring to define the sensor cavity. A PCL
spacer with a thickness of 40 - 50 µm is patterned to almost completely concentrically
surround the outside of the PLLA spacer. Photos of the fabricated PLLA and PCL
spacers are shown in Figure 57(a).
(a) (b)
Figure 57: (a) Spacers made of biodegradable polymers PLLA and PCL, and (b)
embossing PLLA film bearing the metal pattern
After the biodegradable polymers are prepared, the Kaptonr film with electro-
plated metal conductors and the embossing PLLA film are laminated under 15-bar
pressure at 175 ◦C for 5 minutes and cooled down to 30◦C (using circulatory water
to cool down the stage) using a nano-imprinter (Obduct) (Figure 56(c)). After being
removed from the nanoimprinter, the specimen is further cooled down under ambient
conditions for at least 1 hour. After cooling, the Kaptonr film is peeled off carefully
from the PLLA embossing film, into which the metal conductors have now been em-
bossed. Any remaining nonbiodegradable seed layer originally existing between the
Kaptonr and the electroplated metal is removed by micro-polishing, thereby limiting
the number of wet processing steps (Figure 56(d)). An example of the resulting struc-
ture consisting of 200-µm-thick embossing film bearing the embedded Zn conductor
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patterns is shown in Figure 57(b).
The embossing film bearing the metal conductor is then prepared for assembly and
lamination. The film is spray-coated with a thin layer of PCL in the regions external
to the capacitor plates. The concentration of the PCL in DCM solution for spray
coating is 2% wt, and the resultant thickness of the PCL is less than 1µm. The ring-
shaped PLLA spacer and the PCL spacer are then solvent bonded to the embossing
film consecutively by means of a very small quantity of DCM (Figure 56(e)). Since
PLLA film is rigid at room temperature and soft above its Tg, the embossing film
bearing the embedded metal and the bonded spacers is then swiftly folded by selec-
tively heating up the folding line to approximately 60 ◦C (Figure 56(f)). Afterwards,
the folded specimen is laminated under approximately 1 bar at 55 ◦C for less than
1 minute to form the PLLA-based pressure sensor (Figure 56(g)). Finally, the outer
device shape is defined and further sealed by CO2 laser micromachining along the
edge of the inductor. The folding technique, adapted from [55] enables the microfab-
rication of a 3-D device with multiple metal layers and electrical interconnects using
a single electrodeposition step. This is particularly favorable when the metallic and
polymeric materials are sensitive to chemicals used in conventional microfabrication
techniques. In the folding step, it is very critical that the folding line of the PLLA
film is neither under heated nor over heated. Otherwise, the embossing film bearing
the embedded metal will be either not be soft enough to bend, or will be too soft to
mechanically support the conducting via during folding, resulting in breaking of the
via. During the final lamination, the PCL spacer together with the thin PCL layer
sprayed on the embossing PLLA sheet softened and sealed the cavity. An example
of a fully-fabricated and functional 10-mm-diameter device, together with a detailed
photomicrograph of the via section, are shown in Figure 58. The design parameters
of this device are presented in Table 4.
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(a) (b)
Figure 58: (a) A functional microfabricated PLLA-Zn RF pressure sensor, and (b)
detail view of the conducting via portion
5.1.4 Polymer Preparation and Sensor Assembly of PLGA/PVA Based
Pressure Sensor
Biodegradable pressure sensors using a PLGA and PVA ”shell-core” stucture as pack-
age are designed to degrade much more rapidly than the PLLA-based sensors. Unlike
PLLA, PLGA is an amorphous polymer that exhibits no melting point. Therefore
the metal conductor pattern cannot be simply embossed into a PLGA/PVA-bilayer
polymer sheet in the same manner as PLLA. Several modifications must be made to
enable a PLGA fabrication process, as shown in Figure 59.
Generally, there are three polymer films in the PLGA/PVA-based pressure sen-
sor: an outer most PLGA shell film, an embossing PVA film, and a polymer spacer.
For the latter films, PLLA inner-spacers and PCL outer-spacers, the same as the
PLLA and PCL spacers utilized in PLLA based pressure sensors, were considered ini-
tially. However, after studying the performance (Chapter 6) and device degradation
(Chapter 7) of the PLGA/PVA sensors with different spacers, the PVA/PLGA-spacer
combination and pure PLGA spacer exhibit equally good, if not better, sealing perfor-
mance, and furthermore degrade more rapidly. Therefore, PVA/PLGA combinations
and PLGA spacers are utilized in most of this work.




































Figure 59: Fabrication process of PLGA/PVA-based biodegradable wireless pressure
sensor
the polymer films are solvent cast, and the spacers are patterned into appropriate
shapes using a CO2 laser (Figure 59(b)). PLGA, PLLA and PCL are dissolved in
DCM at room temperature, solvent cast in a PTFE petri dish, and dried under room
temperature for more than 48 hours. PVA is dissolved in DI water under 80 ◦C for 4
hours to obtain a transparent solution. After cooling down to room temperature, the
PVA solution is cast on a piece of glass and dried overnight. After complete drying,
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the polymer films are carefully peeled off from the glass substrate. The thicknesses of
the PLGA shell film and embossing PVA film are from 200 to 400 µm. The thickness
of the spacers is 30 to 50 µm. PVA spacers are dip-coated with PCL in 4 wt%
PCL DCM solution. Examples of a fabricated PVA spacer and a PLGA spacer for a
PVA/PLGA spacer combination are shown in Figure 60.
Figure 60: Fabricated PVA spacer (left) and PLGA spacer (right) for PLGA/PVA
spacer combination
To form the rest of the sensor, the metal conductor is embossed into the embossing
PVA film (Figure 59(c)). After the film is cooled down and relaxed for at least 2 hours,
the Kaptonr film substrate is peeled off from the PVA embossing film bearing the
the metal conductors, and any remaining non-biodegradable seed layer is removed
by micro-polishing. Then the PVA embossing film bearing the metal conductors is
trimmed by CO2 laser (Figure 59(d)). Initially, the lamination condition utilized for
embossing metal conductor to PVA film is a pressure of 10 bar, a temperature of
165 ◦C , and a time of 5 minutes. However it has been found in subsequent sensor
degradation tests (Chapter 7 that PVA will be cross-linked at such high temperature
(165 ◦C) and is not completely soluble in water under 37 ◦C. Therefore, a lamination
condition of 30 bar pressure, temperature of 130 ◦C and time of 10 minutes is utilized
ultimately. The specimen is cooled down to 32 ◦C under 30-bar pressure, and further
cooled down to room temperature after the pressure is released. A schematic top
view of the shape of the resultant PVA embossing film bearing the metal conductors
is shown in the top left of Figure 59.
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This trimmed PVA embossing film bearing the the metal conductors is then lami-
nated with a PLGA shell film possessing a larger area (Figure 59(e)). The lamination
occurs in a nano-imprinter under 10-bar pressure at 60 ◦C for 4 minutes. It was
observed that bubbles are easily trapped during this lamination step. Processes that
may help in reducing the chance of bubble formation include: preheating the PLGA
film at 65 ◦C for 1 hour and cooling down to room temperature to further dry the
film, and placing the trimmed PVA embossing film bearing the metal conductors on
top of the PLGA shell film prior to lamination. However, bubbles were still observed
in some sensors. As shown in the pictures of the final PLGA based pressure sensors in
Figure 61, very few small air bubbles are trapped in Figure 61(a), several large bub-
bles are present in Figure 61(b), while barely any bubbles are found in Figure 61(c).
(a) (b) (c)
Figure 61: Examples of fabricated biodegradable PLGA/PVA-based pressure sen-
sors with: (a) Zn conductor and PLLA-PCL spacers, (b) Zn/Fe conductor and PLLA-
PCL spacers, and (c) Zn/Fe conductor and PVA-PLGA spacers
The embossing film bearing the metal conductor is then prepared for assembly
and lamination. The PVA spacer and the PLGA spacer (or the PLLA-PCL spacers)
are solvent bonded to the embossing PVA film consecutively by means of wetting
the surface of the embossing film with a very small quantity of water (Figure 59(f)).
Then the whole structure is folded swiftly by selectively heating up the folding line
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(Figure 59(g)), and laminating to form the PLGA/PVA-based pressure sensor (Fig-
ure 59(h)). In this folding step, it is especially critical that the folding line is neither
under-heated nor over-heated, since there are two layers of polymer film with distinc-
tive thermal and physical properties that need to be bent at the same time. Upon
testing, a temperature of 55 to 58 ◦C is ideal for the bending step. An extra small
piece of PLGA is usually required to be added to the folding area during the folding
step to prevent the breaking of the PLGA shell film at this line (this can be seen at
the bottom of the sensor shown in Figure 61(a), and the similar asymmetric features
in all of the sensors in Figure 61. The proper temperature for the final lamination
step is approximately 55 ◦C for device with PLGA outer-spacer, and 60 ◦C for device
with PCL-outer-spacer.
Finally, the outer device shape was defined by CO2 laser micromachining. Exam-
ples of three fully-fabricated and functional PLGA/PVA based pressure sensors are
shown in Figure 61. The PCL spacer appears opaque at room temperature, while both
PVA and PLGA appear completely transparent. Based on the sharp boundary of the
PCL spacer (i.e., lack of apparent PCL flow) in the sensor shown in Figure 61(a), it
can be concluded that sometimes the PCL spacer is not completely melted during the
final lamination step. However the sensor is sealed on the edge by the PLGA shell
film.
5.2 Fabrication Process of Biodegradable Wireless Pressure
Sensor Without Conducting Via
Wireless pressure sensors without a conducting via are composed of two single planar
spiral inductors connected with a capacitor plate in the center, and positioned such
that the inductors and capacitor plates on respective layers overlap each other. The
two inductors are capacitively and inductively coupled, shown in Figure 62.
Similar to that of wireless sensor with conducting via, the fabrication process
of the sensors without conducting via can be divided into three parts: fabricating
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Figure 62: Schematic structure of wireless pressure sensor without conducting via.
biodegradable metal conductors, preparing biodegradable polymer films, and assem-
bling the device. Because there is no vertical conducting via that connects the top
and bottom metal conductors, the device can be assembled by lamination of three
layers: top and bottom polymer film bearing metal conductors with a spacer film in
between. The metal of the conductor in the sensor can be either pure Zn or a Zn/Fe
couple, and the dielectric polymer can be either PLLA or PLGA/PVA ”shell-core”
structure. Only PLVA/PVA-based wireless sensors without conducting via are fab-
ricated and studied in this work due to their relatively rapid degradation rate. The
fabrication process is shown in Figure 63.
The fabrication processes of building metal conductors (Figure 63(1)), preparing
PLGA and PVA films (Figure 63(2)) and and embossing metal conductors into PVA
embossing film (Figure 63(3-a,b)) are the same as that of sensors with conducting via,
except that the design and thickness of the metal inductor are different. The detailed
process can be found in Section 5.1.1 and Section 5.1.4. Then PVA and PLGA spacers
are laminated on the surface of one PVA embossing film bearing metal conductors
by wetting the PVA surface with moisture (Figure 63(3-c)). Then another piece of
PVA film bearing metal conductors is laminated on the top of the the spacers under
approximately a 1 bar pressure and a temperature of 65 ◦C for 1 minute (Figure 63(3-
d)). Afterwards, the specimens are laminated with two PLGA films, one piece on the








































Figure 63: Fabrication process of PLGA/PVA based wireless pressure sensor with-
out conducting via
for 1 minute. After cooldown, the sensor is trimmed by CO2 laser micromachining
to define the final outer shape (Figure 63(3-e)). Markers, which are designed on the
mask for photolithography and plated simultaneously with the conductors, are used
to align the top and bottom conductors during the lamination of the two PVA films
bearing metal conductors. These markers are trimmed away together with the edge
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of the sensors during the laser micromachining. Examples of fabricated PLGA/PVA
based pressure sensors without conducting via are shown in Figure 64. Figure 64(a) is
a semi-complete pressure sensor with Zn conductor design A after step (Figure 63(3-
d)). Figure 64(a) is a fully fabricated biodegradable sensor with Zn conductor design
B. The parameters of the design A and B are shown in Table 9
Table 9: Conductor design of the sensors with no conducting via
Component Parameter Design A Design B
Inductor
Number of turns 13 12
Line width (µm) 80 120
Line spacing (µm) 70 25
Inner radius (mm) 2.9 3.8
Thickness (µm) 2.9 3.8
Capacitor plate area (mm2) 22.9 13.1
(a) (b)
Figure 64: Examples of fabricated biodegradable Zn-PLGA/PVA pressure sensors
without conducting via: (a) with conductor design A before laser micromachining,
and (b) with conductor design B
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CHAPTER VI
FUNCTIONALITY STUDY OF THE BIODEGRADABLE
PRESSURE SENSORS
6.1 Metal Inductor Characterization
As discussed in Chapter 3, the inductance of the metal conductor together with the
variable capacitance define the resonant frequency f0, whereas the quality factor Q
affects the wireless detecting distance of the sensor. Therefore, it is very important
to measure the inductance and Q. Prior to folding and laminating the embossing
film bearing the metal inductor and capacitor plates, the inductance and Q values
of the inductor pattern of all the sensors are measured directly using an impedance
analyzer. Referring to Figure 57(b), the impedance analyzer probes are placed on the
two capacitor plates.
The inductance and Q of pure Zn and Zn/Fe-couple inductors are compared.
Figure 65 shows the measured inductance and Q of the pure Zn and plated Zn/Fe-
bilayer inductor as a function of frequency and parameterized by Fe thickness. The
dimension of the inductors can be found in Table 4 in Chapter 3. The total metal
thickness of the inductors was held constant at approximately 65 µm. An inductance
of approximately 1.9 µH was observed at frequencies below 50 MHz independent of
the relative thicknesses of Zn and Fe; this result agrees with the value calculated
by the current sheet model in Chapter 3. At higher frequencies, Q decreases as the
relative thickness of Fe increases, due to the well-known poor AC conductance of Fe
at higher frequencies. Therefore, to obtain a wireless sensor with high Q, the use of
thick and continuous Fe as the metal conductor is not favorable. However, as shown
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(b)
Figure 65: (a) Inductance, and (b) Q-factor of the Zn-only inductor (inductor #1)
and Zn-Fe bilayer inductors with different Fe thickness (inductors #2 and #3). Total
metal thickness (Zn + Fe) was held to a nominal 65 µm total.
Therefore, to achieve rapid degradation without sacrificing Q, Zn/Fe-couple in-
ductors with partial Fe coverage on one side (referred to as Zn/Fe(checker) inductors)
are fabricated and characterized. The measured inductance and Q of Zn/Fe(checker)
inductors with different Fe : Zn area ratios on a single surface are compared with that
of pure Zn inductor in Figure 66. The electrical performance of the Zn/Fe(checker) in-
ductor is identical to that of the pure Zn inductor. An inductance of approximately 1.9
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µH was observed at frequencies below 70 MHz for all three inductors (Figure 66(a)).
All the inductors exhibit Q above 25 between 20 to 90 MHz independent of the Fe
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Figure 66: (a) Inductance, and (b) Q of the pure Zn inductor and Zn/Fe(checker)
inductors with different Fe : Zn area ratio on single surface
6.2 Experimental Set-up for Wireless Characterization of
Biodegradable Pressure Sensors
All the fabricated pressure sensors are characterized wirelessly by inductive coupling
with an external coil that is connected to an impedance analyzer (Figure 67). The
measuring distance is approximately 3 mm, and the impedance phase and magnitude
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Figure 67: Equivalent circuit electrical model for a sensor coupled with an external
coil
6.2.1 Resonant Frequency f0
The external coil (5 turns, diameter = 1 cm) has a measured inductance (Le) of
4.3 µH below 80 MHz and Q more than 200, and shows no self-resonances in the
measurement frequency range of 1 to 100 MHz. As discussed in Chapter 3, the input
impedance of the antenna Z 1 can be expressed in terms of the parameters of the






















where the f is the frequency, LE is the inductance of the external coil, k is the coupling
coefficient, Q is the quality factor and f0 is the resonant frequency.
By using this model, f0, Q, and k can be extracted from the measured Z1 as a
function of f by curve fitting. An example of the results of impedance measurement
and simulation use curve fitting of a PLLA-Zn sensor is graphed in Figure 68.
At resonance, the sensor induces a change in the impedance phase and magnitude
of the external coil. The minimum of the phase fmin occurs at 32.92 MHz. The Q, k,
and f0 obtained from the fitting result are 24.52, 0.1576 and 32.71 MHz respectively.
The fmin is only 0.64% higher than the acutal f0. Based on the discussion in Chap-











































Figure 68: Measured and simulated curve fitting (a) impedance magnitude, and (b)
impedance phase of a PLLA-Zn biodegradable wireless pressure sensor











With k less than 0.2 and Q larger than 5, the difference between fmin and f0 is
smaller than 1.5%. Therefore, in the following sections of sensor characterization, the
value of fmin obtained from the phase of measured impedance is used as the resonant
































Figure 69: Pressure sensor test measurement setup. (a) photograph of apparatus;
(b) schematic drawing of apparatus
6.2.2 Pressure Sensitivity
To determine the pressure sensitivity of the fabricated sensor, the sensor is placed in a
sealed chamber instrumented with a pressure gauge (Figure 69). The internal pressure
of the chamber was controlled by application of compressed air via an external source.
The air regulator controls the flow of the air into the chamber. After the chamber
with the sensor placed inside is closed and sealed, a connector is used to connect the
pressure delivery components to the chamber. To apply pressure to the sensor, both
valves are opened, the air regulator is turned on and adjusted to control the applied
pressure, and the pressure value can be read from the attached digital pressure gauge.
When the pressure reaches and is stabilized at the value set for the measurement, valve
1 is closed to prevent possible air flow to the sensor during measurement. After the
impedance phase and magnitude is recorded for this pressure value, value 1 is opened
again and pressure is changed to next set-value. This acrylic chamber, machined
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from acrylic sheet by CO2 laser and glued by epoxy, has low leakage (as evidenced
by its ability to maintain a constant pressure as read by the gauge with valve 1
closed over the duration of a measurement), and was tested up to 50 kPa air pressure
without bursting. Aqueous environments could also be maintained in this apparatus
by partially filling the sealed chamber containing the sensor with liquid.
The pressure response of the sensor was measured at multiple discrete pressure
values from 0 to 30 kPa, corresponding to typical physiological pressure ranges found
in the body [127, 121]. At each pressure value, the impedance phase as a function
of frequency is recorded. Examples of impedance phase as a function of frequency at
different pressure values of a fabricated PLLA-Zn device are shown in Figure 70. As
the applied pressure is increased, the frequency at which the phase minimum occurs
shifts monotonically to lower frequencies. The frequency shift is due to the pressure-
induced deflection of the PLLA/metal sensor plates, resulting in a decrease in the




























Figure 70: Impedance phase data as a function of frequency for several applied
pressures of a PLLA-Zn biodegradable pressure sensor
The impedance measurements for microfabricated RF pressure sensors are re-
peated several times under multiple pressure conditions. f0 at each pressure is plotted
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as a function of pressure applied, and the slope is taken as the sensitivity of the pres-
sure sensor. The f0 as a function of applied pressure of the same PLLA-Zn pressure
sensor mentioned above in both air and DI water environment is plotted in Figure 71.

















Figure 71: Resonant frequency f0as a function of applied pressure of a PLLA-Zn
biodegradable pressure sensor in air and DI water
6.3 Functionality Characterization of Biodegradable Pres-
sure Sensors with Conducting Via
6.3.1 Functionality Measurement of PLLA-based Pressure Sensor in Air
and In Vitro
The short-term performance stability of a fabricated PLLA-based sensor is first char-
acterized. Initially, there is no extra pressure applied to the sensor, then 10 kPa
pressure is applied and maintained for approximately 60 minutes and then released.
The impedance is recorded through the entire process and f0 is extracted and plotted
as a function of time, as shown in Figure 72. f0 decreases from approximately 55.2
MHz to 52.5 MHz when 10 kPa is applied, and remains relatively stable. When the

















Figure 72: Short term performance stability of the fabricated PLLA-based pressure
sensor
on this result, it can be concluded that the pressure/frequency response of the micro-
fabricated PLLA-Zn biodegradable pressure sensor does not significantly drift in the
short term.
The PLLA-Zn/Fe sensors contain PLLA embossing film with thickness of 200 to
400 µm as the main dielectric (package), and electroplated Zn/Fe bilayers with 60
µm-thick Zn and approximately 5 µm-thick Fe as conductors.
The sensor is first measured in an air enviroment with an applied pressure range
of 0 to 25 kPa. Then the chamber is filled with DI water to a depth of approximately
5 mm. The sensor is immersed in DI water, and the pressure-response measurement
is performed after the chamber is sealed. Following this, the sensor is taken out and
wiped dry with tissue, and the chamber is cleaned and filled with a saline solution
(0.9% NaCl in DI water) to a depth of approximately 5 mm. The sensor is immersed
in saline, and pressure-response measurement is performed after the chamber is sealed.
After this, without removing the sensor, a long-term immersion test under room tem-
perature is performed to investigate the stability and functional lifetime of the sensor
in vitro at room temperature. The test consisted of holding the sensor immersed in
saline at zero applied pressure until no resonance can be observed. Intermittently
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during this test, and while immersed in saline, pressure-response measurements are
performed to assess sensor sensitivity. The performance study results of four PLLA-
Zn/Fe sensors numbered as PLLA-Zn/Fe sensor 1, 2, 3 and 4 are presented here.
These four sensors have similar design of the metal conductor, while the thickness of
the PLLA package varies. The PLLA embossing film thickness of sensors 1, 2, 3 and
4 are approximately 200 µm, 200 µm, 130 µm, and 350 µm respectively.
6.3.1.1 PLLA-Zn/Fe Sensor 1
The measured phases of the external coil as a function of frequency for several applied
pressure values of the PLLA-Zn/Fe sensor 1 in air and in 0.9% saline are shown in
Figure 73. Then the resonant frequency of this sensor in air and saline is obtained
from the respective impedance-frequency result and plotted as a function of applied
pressure in Figure 74.
f0 shifts to lower frequency as the applied pressure increases, due to the capaci-
tance increase. In air, the sensor has a resonant frequency of 31.8 MHz at zero applied
pressure, and a sensitivity of -39 MHz/kPa. Upon immersion of the sensor in saline,
the sensor resonant frequency falls from 31.8 MHz to 30.5 MHz. A slightly decreased
sensitivity (-34 kHz/kPa) of the sensor is also observed. This behavior is consistent
with previous non-biodegradable devices [34] and is due to electrical interactions of
the sensor with the embedding medium.
In the prolonged long-term immersion test, PLLA-Zn/Fe sensor 1 is kept immersed
in saline at zero applied pressure for approximately 170 hours. Selected recorded phase
behaviors as function of frequency are shown in Figure 75. It is very clear that once
the sensor is placed in saline, the trough of the impedance phase becomes broader and
shallower. As the sensor is kept in saline for longer times, the trough of the impedance
phase continues become even broader and shallower, corresponding to a decrease of




























































PLLA-Zn/Fe sensor - 1
(b)
Figure 73: Measured impedance phase as a function of frequency at several applied
pressures for PLLA-Zn/Fe sensor 1 in (a) air, and (b) saline (0.9% NaCl)
trough can be observed. The resonant frequency f0 of the sensor during the entire
long-term immersion test without applied pressure, together with the calculated Q,
are plotted as functions of the immersion time in Figure 76.
The performance of the sensor can be divided into three stages. In stage one,
within the first 21 hours of immersion for PLLA-Zn/Fe sensor 1, the sensor is observed
to equilibrate with the immersion environment. f0 increases rapidly from 30.5 MHz
to 31.5 MHz within the first 6 hours and drops gradually to 30.7 MHz, while Q drops
rapidly from 18.9 to approximately 10 within this time period. This stage can be
referred to as the equilibration stage.
















PLLA-Zn/Fe sensor - 1
Figure 74: Resonant frequency (f0) of the pressure sensor as a function of applied































PLLA-Zn/Fe sensor - 1
Figure 75: Impedance phase as a function of frequency of PLLA-Zn/Fe sensor 1 at
selected immersion time points in saline.
MHz and the Q remains relatively stable above 9.0. Pressure-response measurements
are taken at immersion times of 8 hours, 26 hours, 34 hours, 57 hours, 79 hours and
96 hours. Each resonant frequency f0 together with that of 0 hours are plotted as
a function of applied pressure, as shown in Figure 77. The sensitivity of the sensor
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Figure 76: Measured resonant frequency (f0) and calculated quality factor (Q) as
functions of the immersion time of the PLLA-Zn/Fe sensor 1 in 0.9% saline without
applying pressure
graphed as a function of the immersion time, and shown in Figure 78. The sensitivity
during stage two also remains relatively stable at −54± 3 kHz/kPa. This sensitivity
is slightly higher than that of in air and initially in saline, and is consistent with the
observation of a small reduction of the Youngs modulus of PLLA after immersion in
saline [143, 1, 160]. As both resonant frequency and sensitivity are relatively stable
during stage two, this stage can be considered the functional lifetime during which
the sensor can be utilized.
In the next stage, corresponding to the time after the sensor has been immersed
in saline for 107 hours for the PLLA-Zn/Fe sensor 1, f0 as well as Q of the sensor
begins to drop rapidly. Very weak resonance between the sensor and the external coil
is observed after 168 hours, making it difficult to determine the f0. The calculated
Q is less than 2. This stage is considered to be the performance degradation stage,





















PLLA-Zn/Fe sensor - 1
Figure 77: Resonant frequency f0 as a function of applied pressure of PLLA-Zn/Fe
sensor 1 after the sensor has been immersed in the saline for 0 hours, 8 hours, 26























PLLA-Zn/Fe sensor - 1
Figure 78: Measured pressure sensitivity of the PLLA-Zn/Fe sensor 1 after the
sensor has been immersed in saline for 0 hours, 8 hours, 26 hours, 34 hours, 57 hours,
79 hours and 96 hours.
6.3.1.2 PLLA-Zn/Fe Sensor 2
The measured phases of the external coil as a function of frequency for several applied
pressure values of the PLLA-Zn/Fe sensor 2 in air, in DI water, and in 0.9% saline
are shown in Figure 79. Then the resonant frequency f0 of this sensor in air, DI water
114
and saline is plotted as a function of applied pressure in Figure 80.
In air, the PLLA-Zn/fe sensor 2 has a resonant frequency of 32.9 MHz at zero
applied pressure, and a sensitivity of -37 MHz/kPa. Upon immersion of the sensor
in DI water, the sensor resonant frequency falls from 32.9 MHz to 32.2 MHz, with
the same sensitivity of -37 MHz/kPa. When the sensor is immersed in saline, the
resonant frequency falls further to 31.2 MHz with a slightly increased sensitivity of
-39 kHz/kPa. This sensor, which has the exact same dimension of the PLLA-Zn/Fe
sensor 1 presented above, shows very similar f0 as well as sensitivity to that of PLLA-
Zn/Fe sensor 1.
In a long-term immersion test, selected recorded phase behaviors as a function
of frequency are shown in Figure 81. Similar to the behavior of the PLLA-Zn/Fe
sensor 1, the trough of the impedance phase becomes much broader and shallower
once the sensor is immersed in saline. As the sensor is kept in saline for longer, the
the trough of the impedance phase continues to become even broader and shallower,
corresponding to decreasing Q. The resonant frequency f0 of the PLLA-Zn/Fe sensor
2 during the entire long-term immersion test without applied pressure, together with
the calculated Q, are plotted as a function of the immersion time in Figure 82.
Similar to that of PLLA-Zn/Fe sensor 1, the performance of the PLLA-Zn/Fe sen-
sor 2 can also be divided into three stages: equilibration stage, functional lifetime, and
performance degradation stage. The equilibration stage for sensor 2 is approximately
22 hours. Unlike PLLA-Zn/Fe sensor 1, whose f0 goes through the rapid increase and
then decrease before it stabilizes, the f0 of PLLA-Zn/Fe sensor 2 increases from 31.2
MHz to 33.1 MHz and stabilizes without dropping. The change of Q is similar: it
drops from 19.0 to approximately 10. The functional lifetime of PLLA-Zn/Fe sensor
2 is approximately 68 hours (from 23 hours to 91 hours), with f0 remaining relatively
constant at 33.0± 0.2 MHz and Q remaining stable above 9.6. After being immersed





























































































PLLA-Zn/Fe sensor - 2
(c)
Figure 79: Measured impedance phase as a function of frequency at several applied
















PLLA-Zn/Fe sensor - 2
Figure 80: Resonant frequency (f0) as a function of applied pressure of PLLA-
Zn/Fe sensor 2 in air, DI water and 0.9% saline environments (for DI water and































inisalinei168ihourPLLA-Zn/Fe sensor - 2
Figure 81: Impedance phase as a function of frequency of PLLA-Zn/Fe sensor 2 at
selected immersion time points in saline.
as Q of the sensor starts to drop and very weak resonance between the sensor and
the external coil is observed after 168 hours, making it difficult to determine f0.
Pressure-response measurements of PLLA-Zn/Fe sensor 2 are performed at im-
mersion times of 0 hours (3 min), 45 hours, 79 hours, and 102 hours. Each resonant


























PLLA-Zn/Fe sensor - 2
Figure 82: Measured resonant frequency (f0) and calculated quality factor (Q) as



















PLLA-Zn/Fe sensor - 2
Figure 83: Resonant frequency f0 as a function of applied pressure of PLLA-Zn/Fe
sensor 2 after the sensor has been immersed in saline for 3 minutes, 45 hours, 79 hours
and 102 hours.
at different time points are graphed as a function of the immersion time in Figure 84.
The sensitivity during the functional lifetime stage also remains relatively stable at
−146± 4 kHz/kPa. However, this sensitivity is much higher than that of the PLLA-
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Sensor PLLA-Zn/Fe - 2
Figure 84: Measured pressure sensitivity of the PLLA-Zn/Fe sensor 2 after the
sensor has been immersed in saline for 3 minutes, 45 hours, 79 hours and 102 hours.
modulus of PLLA after immersion in saline. While the exact reason is still under
investigation, a possible explanation is that the PLLA spacer is partially delaminated
from the two metal plates during immersion in the saline, resulting in a larger effective
deflection diameter for the capacitor plates. This explanation can be supported by
the behavior that f0 with zero applied pressure does not drop during the equilibration
stage in Figure 82.
6.3.1.3 PLLA-Zn/Fe Sensor 3
The resonant frequency of PLLA-Zn/Fe sensor 3 in air and saline extracted from the
recorded impedance phase is plotted as a function of applied pressure in Figure 85.
The sensitivity of the sensor in air and saline are -43.1 kHz/kPa and -39.4 kHz/kPa,
respectively. PLLA-Zn/Fe sensor 3 exhibits higher sensitivity than that of PLLA-
Zn/Fe sensor 1 and 2, due its smaller PLLA package thickness.
Selected recorded phase as function of frequency during the long-term immersion
test of sensor 3 are shown in Figure 86. Similar to that of PLLA-Zn/Fe sensor 1 and 2,

















PLLA-Zn/Fe sensor - 3
Figure 85: Resonant frequency (f0) of the pressure sensor as a function of applied
pressure of PLLA-Zn/Fe sensor 3 in air and 0.9% saline environments (for the saline
environment, measurements were performed within 30 minutes of immersion).
time of the sensor increases. However, the change is more rapid: after 58 hours, there































PLLA-Zn/Fe sensor - 3
Figure 86: Impedance phase as a function of frequency of PLLA-Zn/Fe sensor 3 at
selected immersion time points in saline.
The resonant frequency f0 of sensor 3 during the entire long-term immersion test
without applied pressure, together with the calculated Q are plotted as a function of
120




























PLLA-Zn/Fe sensor - 3
Figure 87: Measured resonant frequency (f0) and calculated quality factor (Q) as a
function of immersion time of PLLA-Zn/Fe sensor 3 in 0.9% saline without applying
pressure
In the initial 5 hours, f0 increases gradually from 29.9 MHz to 30.1 MHz, similar
to the behavior of sensor 2 during the equilibration stage. However, after it reaches a
maximum of 30.1 MHz at 6 hours, f0 drops continuously with a steady speed of -72.4
kHz/hour until only a very weak resonance can be barely detected after 69 hours.
Q drops rapidly from 21.6 to 6.9 within the first 28 hours, then gradually drops
to approximately 3.8 after 69 hours. Therefore, this sensor failed to fully function
in saline. One possible reason is that the PLLA package (130 µm is too thin to
work as a stable barrier between the saline and the cavity between the two capacitor
plates. Another possible reason is the observation of small cracks forming during the
immersion, which is discussed later.
6.3.1.4 PLLA-Zn/Fe Sensor 4
The PLLA-Zn/Fe sensor 4 has a much thicker PLLA package than all the 3 sensors
presented above. The resonant frequency of this sensor in air is shown in Figure 88.
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A sensitivity of -8.8 MHz/kPa is obtained for this sensor. This sensitivity is about 4














PLLA-Zn/Fe sensor - 4
Figure 88: Resonant frequency (f0) of the pressure sensor as a function of applied
pressure of PLLA-Zn/Fe sensor 4 in air
Selected recorded phase as a function of frequency during the long-term immersion
test of sensor 4 are shown in Figure 86. This sensor survives much longer than sensors
1, 2 and 3. The trough of the impedance phase becomes broader and shallower as
expected as the immersion time of the sensor increases. A clear resonance still can be
detected after the sensor is immersed in saline for 414 hours. The resonance became
very weak after 439 hours.
f0 and calculated Q of sensor 4 during the entire immersion test is shown in
Figure 90. f0 drops slightly to 40.4 MHz during the first 33 hours, then fluctuates at
42.1±0.9 MHz from 33 to 214 hours. After being immersed in saline for 214 hours, f0
remains relatively constant at 40.8± 0.5 MHz until 383 hours, when f0 starts to drop
rapidly. Q drops relatively rapidly to 15.8 in the first 21 hours, then decreases slowly
and steadily to 12.8 at 383 hours, and then drops rapidly again to approximately 6.6
when the sensor no longer exhibits resonance at 459 hours. Based on the result of
both f0 and Q, the equilibration stage for sensor 4 is 33 hours, the functional life

































PLLA-Zn/Fe sensor - 4
Figure 89: Impedance phase as a function of frequency of PLLA-Zn/Fe sensor 4 at
selected immersion time points in saline.
has been immersed in saline for 383 hours, the sensor starts to fail. The functional
lifetime is much longer than that of the sensor 1, 2 and 3, mainly due to the thicker
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PLLA-Zn/Fe sensor - 4
Figure 90: Measured resonant frequency (f0) and calculated quality factor (Q) as
a function of the immersion time of PLLA-Zn/Fe sensor 4 in 0.9% saline without
applying pressure
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6.3.1.5 Investigation of Failure Mechanisms
To investigate the mechanisms behind sensor failure, all PLLA-Zn/Fe sensors are
removed from the saline after resonance is no longer detectable. Sensors 1, 3 and 4
are rinsed in DI water and dried in a sealed container with solid anhydrous drying
agent at room temperature for three days immediately after removal from the saline,
while sensor 2 is placed in air at room temperature for six months before being rinsed
and similarly dried. Afterwards, the sensors are coupled with the external coil again,
and all of them show resonance, as shown in Figure 91. The calculated Q of sensors 1,
2, 3 and 4 are 20, 6, 16 and 17, respectively. The Q of sensors 1, 3 and 4 after drying
are only slightly smaller (between 2 to 8) than before they were placed in saline.
This suggests minor, if any, corrosion of the Zn/Fe conductor during the long-term
immersion test in saline. This excludes the corrosion of the metal as the reason of
the sensor failure. However, if the sensor is held at room temperature for a prolonged
time (e.g., six months for sensor 2) without intense drying, the Q drops strongly from






























Figure 91: Impedance phase as a function of frequency of PLLA-Zn/Fe sensors after
long-term immersion in saline test and drying
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Upon examination, cracks were found in some of the sensors. Since PLLA ex-
hibits brittle behavior at room temperature [38, 72], the formation of cracks is not
unexpected as a failure pathway for these devices. One hypothesis for the failure of
the sensors in saline during long-term immersion is that: once the sensor is placed
in saline, water or water vapor begins to penetrate the polymers slowly; if there are
micro-cracks, which might be formed either during fabrication or during the sensor
going through pressure-response testing at room temperature, those cracks can accel-
erate water or water vapor penetration into the PLLA package, resulting in electrical
shorts between the inductor windings. If the micro-cracks develop into macro-cracks
that spread through the entire PLLA package, water or water vapor can easily pen-
etrate into the cavity between the two capacitor plates and short or significantly
change the dielectric environment of the capacitor. The existence of water or water
vapor in the polymer and air inside the cavity will increase its dielectric constant
at these frequencies [112, 140], and hence increase the total capacitance by increas-
ing the parasitic capacitance between the inductor windings and capacitance of the
parallel plates. This is consistent with the observation of the rapid f0 drop during
the performance degradation stage of the sensor. It is also interesting to note that
although the Q of dried sensors returns to close to initial values in Figure 91, the f0
of some of the sensors does not; this is also consistent with crack-induced irreversible
deformations of the package as a result of the immersion testing in those sensors.
To further verify this hypothesis, pressure-response testing is applied to all the
sensors in air. Sensors 2 and 3 show no f0 shift upon pressure change, indicating the
cavity is no longer sealed. This is consistent with the large cracks observed in these
two sensors. Even with the few very small cracks observed in sensor 4, sensors 1 and
4 still show f0 shifts as a function of applied pressure, as shown in Figure 92. For
sensors 1 and 4, both the f0 at zero applied pressure (31.1 MHz for sensor 1 and 43.3





























PLLA-Zn/Fe sensor - 4
(b)
Figure 92: Resonant frequency f0 as a function of applied pressure of (a) PLLA-
Zn/Fe sensor 1, and (b) PLLA-Zn/Fe sensor 4 in air (after long-term immersion in
saline and drying)
for sensor 4) after the long-term immersion in saline and drying are similar to that
before they were put in saline, indicating that the sensors are not damaged during
the immersion in saline.
The summary of the performance of the PLLA-based sensor 1-4 are listed in
Table 10
Based on the above observations, a preliminary overall mechanism for failure of
these sensors can be proposed. Upon immersion in saline, the polymer packages ab-
sorb water, causing a change inthe dielectric environment of the sensor package as
well as affecting to a small degree the Young’s modulus and therefore the sensitivity
of the sensor. Over time, additional water or water vapor penetrates the sensor and
sensor cavity; in addition, the sensor package continues to be weakened by water
infiltration. Should sensors have no major structural flaws and/or have sufficient me-
chanical robustness, no irreversible change in the sensor mechanical structure occurs.
Instead, water vapor permeation continues until sufficient water has accumulated
within the sensor to cause electrical failure. At this point, no resonances can be read
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1 2 3 4
PLLA thickness (µm) 200 200 130 350
In air
f0 at 0 pressure (MHz) 31.8 33 31.3 43.5
Sensitivity (kHz/kPa) -38.5 -37.2 -43.1 -8.8












86 79 N.A. 350
f0 at 0 pressure (MHz) 30.5±0.2 33.0±0.2 N.A. 40.8±0.5
Sensitivity (kHz/kPa) -54±3 -146±4 N.A. -
Q 10 10 N.A. 14
In air-after
drying
f0 at 0 pressure (MHz) 31.1 24.8 49.9 43.3
Q 20 6 16 17
Sensitivity (kHz/kPa) -31 N.A. N.A. -7.6
and the sensor fails. For such sensors, upon drying, the water is removed and the
sensor returns to its original state, with close to original Q, f0, and pressure sensi-
tivity. For sensors with insufficient mechanical robustness, large cracks occur which
result in an irreversible change in the sensor. These large cracks permanently alter
the f0 of the sensor and, even upon drying and the restoration of resonant behavior,
these cracked sensors cannot support a pressure difference across their mechanically
deflecting portions and have no pressure sensitivity. For longer term immersion in
ambient environments, the conductors themselves begin to corrode, resulting in an
irreversible loss of Q and therefore functionality. These observations suggest a lower
limit on the thickness and robustness of the sensor deflecting mechanism, and further
suggest that improved moisture barriers could result in longer functional lifetimes for
such more robust sensors.
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6.3.2 Experimental Results vs. Simulation Results of PLLA-based Sen-
sors
The LC resonant frequency f0 under zero applied pressure as well as the sensitivity
are the key functional parameters of the pressure sensor. As mentioned before, the







The shift of f0 under different applied pressure is due to the capacitance change in-
troduced by the deflection of the capacitor plates. However, the real time capacitance
of the sensor cannot be measured directly becuase the capacitor is encapsulated in
the polymer. Therefore, it is important to verify the simulation model of capacitance
with the experimental results.
Experimental capacitance is calculated from the experimentally measured f0 of





The simulated capacitance value under zero applied pressure is calculated using
Eq. (28), Eq. (10) and Eq. (8) in Chapter 3. The capacitance under certain applied
pressure is directly obtained using COMSOL simulation. The simulated resonant
frequencies are calculated using the simulated result of capacitance under each applied
pressure, and the sensitivity between 0-20 kPa is calculated.
The experimental and simulated capacitance and sensitivity of the four PLLA-
Zn/Fe sensors presented above are compared in Table 11 together with some of their
critical design geometries.
Except for sensor 4, the capacitance calculated from experimental result of all
the sensors are larger than that of the simulated result. Meanwhile, all the sensors
exhibit much larger sensitivity than expected. There are two factors can contribute
to these observed differences.
128
Table 11: Comparison of capacitance and sensitivity values of PLLA-Zn/Fe sensors
using experimental results and simulation model in Chapter 3
Parameters
PLLA-Zn/Fe sensor
1 2 3 4
Cavity radius (mm) 2.1 2.1 2.1 2.1
Cativity thickness (µm) 30 30 25 45
PLLA thickness (µm) 200 200 130 350
Simulated capacitance (pF) 10.98 10.98 12.82 7.81
Experimental capacitance (pF) 13.13 12.24 13.6 7.05
Simulated sensitivity (kHz/kPa) -9.5 -9.5 -13.7 -3.1
Experimental sensitivity (kHz/kPa) -38.3 -37.2 -41.3 -8.8
(1) Imperfection of fabrication process.
The capacitance can be altered slightly due to fabrication imperfections, in that
several geometries of the components cannot be precisely controlled or identical to the
design. For instance, it is a challenge to precisely control the thickness of the solvent-
cast polymer films to tolerances on the order of micrometers. The thickness of the
spacer will affect the capacitance with zero applied pressure, while the thickness of
the PLLA will affect the sensitivity of the sensor by affecting the deflection. Also, the
linewidth of the spiral inductor usually appears a little wider than designed, due to
the undercut of the thick photoresist. Therefore, the simulated result of the parasitic
capacitance would not be accurate. The capacitance will also be altered if the two
capacitor plates are not perfectly aligned during folding and lamination.
(2) Pre-bending of the capacitor plate
It is observed that the capacitor plates together with the attached polymer film
are slightly bent inward after fabrication. This is very likely due to thermal mismatch
between the polymer and the metal that possess distinct coefficients of thermal ex-
pansion (CTE) during the thermal embossing process.
To take this pre-bending of the plate into consideration, COMSOL is utilized to
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build a relationship between the center deflection of the plate to an absolute applied
pressure, in effect creating a fictitious pressure offset that mimics the plate curvature
behavior. To achieve this goal, first a sensor structure with flat plate geometry is
constructed in COMSOL. The simulation results of center deflection d0 and capac-
itance of the capacitor at different applied pressures before d0 reaches half of the
cavity thickness are determined. Based on this result, the simulated f0 is calculated
at each applied pressure (center deflection). The simulated f0 as a function of cen-
ter deflection and applied absolute pressure of the sensor design identical to that of
PLLA-Zn/Fe sensor 1 is shown in Figure 93. As the center deflection increases, the
simulated f0 decreases non-linearly, due to the non-linear increase of the capacitance
over these deflections that are large compared with the capacitor gap.






















Figure 93: Simulated f0 as a function of center deflection and equivlent applied
absolute pressure of designed sensor structure identical to that of PLLA-Zn/Fe sensor
1
In order to simulate sensitivity of a sensor with pre-bent capacitor plate, the
equivalent absolute pressure can be found at which the simulated center deflection is
equal to the pre-bending center deflection. This value of equivalent absolute pressure
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is then treated as the zero applied pressure; and the sensitivity is then the slope
of the line tangent to the point of equivalent absolute pressure of Figure 93. From
this figure it can be seen that the expected sensitivity of predeflected sensors will
increase because the slope of the f0 versus pressure line increases substantially at
higher equivalent absolute pressures.
The experimental results of f0 vs. applied pressure of PLLA-Zn/Fe sensors 1 and 3
are compared with the simulated results utilizing this approach with certain pre-bent
center deflection value and identically designed geometries as PLLA-Zn/Fe sensors 1

















Experimental A (PLLA sensor 1 in air)
Experimental B (PLLA sensor 3 in air)
Simulation A (initial d0=10.6µm)
Simulation B (initial d0=9.7µm)
Figure 94: Experimental f0 vs. applied pressure results of PLLA-Zn/Fe sensor
1 and 3, and simulated results using COMSOL with absolute pressure equivalent
pre-bending center deflection corrections
With the equivalent pre-bent center deflection of 10.6 µm and 9.7 µm for simu-
lated sensor geometry indentical to the design of PLLA-Zn/Fe sensors 1 and 3, the
simulated results of f0 vs. applied pressure are very close to that of the exprimental
result. Note that this pre-bending value is relatively large, and can be the major
reason for the mismatch of the experimental results and simulation results (using a
flat plate) shown in Table 11.
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To further verify this hypothesis, the plate bending value introduced by thermal
mismatch of the polymer and metal are calculated. For a bilayer structure with





Figure 95: Schematic illustration of cross-sectional view of a bent bilayer plate












where hi is the plate thickness, Ei, νi and αi are the Young’s modulus, Poisson’s ratio
and coefficient of thermal expansion (CTE) of the ith layer material, and ∆T is the
temperature difference, the curvature of bilayer structure due to thermal mismatch
can be calculated by [29]:
κ =
6ξ2(1 + ξ)






The center deflection f0−thermal can thus be calculated by knowing the arc length
(diameter of the bending plate), and the arc radius R.
The CTE of Zn, Fe and PLLA are 30.2 µm/(m ·K) [153], 11.8 µm/(m ·K) [108]
and 78.5 µm/(m · K) (T < Tg) [75]. In the fabrication process, during the step of
embossing metal into the PLLA, the 10 bar pressure is not released until the embossing
stage is cooled down to 35 ◦C. Therefore, the bending should be introduced during
the time that the PLLA embossing membrane bearing the metal on Kapton is cooled
down from approximately 35 ◦C to room temperature. By simplifying the model
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to a PLLA-Zn bilayer with a radius of 2.5 mm (the radius of the metal capacitor),
the thermal-mismatch-induced center deflection (d0−thermal) of the bilayer plate with
identical geometry design of sensor 1 (Structure A) and 3 (Structure B) as a function
of ∆T is shown in Figure 96. Note that the thickness designated PLLA* only includes























Figure 96: Calculated center deflection due to thermal mismatch of a simpified
PLLA/Zn bilayer plate as a function of temperature difference. Plate radius = 2.5mm,
thickness of Zn = 65 µm. Structure A: thickness of PLLA* = 135 µm. Structure B:
thickness of PLLA* = 65 µm.
When the temperature difference (the temperature range during which the free
standing samples are cooled down without pressure) is between 2 and 14 ◦C, calculated
center deflections of the plate are 1.6 - 12.4 µm and 1.4 - 9.8 µm for structure A
(sensor 1) and structure B (sensor 3), respectively. Based on the result shown in
Figure 94, the simulated pre-bending center deflection for stucture A and B are 10.6
µm and 9.7 µm, corrosponding to 12 and 14 ◦C in ∆T . This is a very reasonable
temperature difference between 35 ◦C and ambient room temperature in a cleanroom
environment. A slight difference between the real center deflection and the calculated
result is expected due to the fact that the real structure is not an ideal polymer/metal
bilayer, and the thin layer of Fe (< 4µm) is neglected.
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In summary, the pre-bending due the thermal mismatch of the metal and polymer
of the plate is very likely to be the main reason that the flat plate model is not accurate
in predicting the sensitivity of the sensor. By adding the concept of the absolute
applied pressure to account for the pre-bent center deflection, the simulation result
using COMSOL agrees very well with the experimental result. Therefore, by precisely
controlling the cooling temperature range after releasing the embossing pressure, the
sensitivity of the sensor can be designed more accurately.
6.3.3 Functionality Measurement of PLGA/PVA-based Pressure Sensor
in Air and In Vitro
The fabricated PLGA/PVA-based pressure sensors are characterized first in air and
then in saline. The measurement is air is at room temperature, while the measurement
in saline is at 37 ◦C. Three categories of PLGA/PVA-based sensor are studied here:
PLGA/PVA sensor with PLLA/PCL spacers; PLGA/PVA sensor with PVA/PLGA
spacers; and PLGA/PVA sensor with pure PLGA spacers. The polymer designs of
the sensors studied in the following section are listed in Table 12.




PVA thickness (µm) 200 - 230 280 - 330 250 - 300
PLGA thickness(µm) 120 - 150 200 200
Spacer Materials PLLA and PCL PVA and PLGA PLGA




In this study, a glass vial with cap machined to attach to an air connector is
utilized as pressure box. The setup is shown in Figure 97. A machined O-ring made
of red rubber (SBR) is added in the cap to prevent leakage. Upon testing, the glass
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vial utilized can withstand up to 50 kPa without breaking or leaking. Each sensor is
then kept individually in one glass vial. The advantages of using glass vials includes:
• Easy availability.
• Easy to attach and remove for pressure response testing.
• Enable multiple sensor testing simultaneously.
• Enable the testing be performed under 37 ◦C.
• Convenient for the subsequent sensor degradation test.
After the characterization of the PLGA/PVA-based pressure sensor in air, the
sensor is placed into a test vial. Warm 0.9% saline that is pre-stored in an incubator
at 37 ±0.5◦C is filled into the vial to a height of 1 cm. The impedance phase behavior
of the sensor is recorded immediately as immersion time 0-hour. Additional saline is
added into the vial to fill it full (approximately 20 mL), and the vial together with
the sensor inside is placed in the 37 ±0.5◦C incubator. At intermediate times, the
sensor is taken out of the incubator for testing: a portion of the saline is removed
Figure 97: wireless characterization setup for PLGA/PVA-based biodegradable
pressure sensors
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temporarily, leaving saline with 1 cm in depth inside of the vial before the testing.
After each test, the same saline that had been removed is filled back into the vial
and the sensor is placed back into the incubator. Two kinds of characterizations are
performed: measurement of the f0 of the sensor with zero applied pressure every 20
to 30 minutes, and measurement of the pressure response of the sensor every few
hours. The saline inside the vial is refreshed (i.e., completely replaced with fresh
saline) every 72 hours.
















PLGA/PVA sensor - 1
Figure 98: Measured f0 as a function of applied pressure of PLGA/PVA sensor 1
in air at room temperature
PLGA/PVA sensor 1 contains a Zn/Fe couple conductor with 50% coverage of
Fe on one side of the Zn surface (same pattern as checker-C shown in Figure 37(c)
in Chapter 4). Pressure response measurement (0 to 32 kPa) in air under room
temperature is first performed to confirm the functionality of the sensor. The result is
plotted in Figure 98. A sensitivity of -93.9 kHz/kPa is exhibited. The relatively higher
sensitivity indicates the center PLLA spacer is very likely not completely bonded with
the two capacitor plates completely. The total capacitance of the sensor in air with
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zero applied pressure calculated using f0 (27.9 MHz), 17.1 pF, is 6.2 pF more than
the calculation result using the designed dimension of the sensor. This is very likely
due to the observed inward bending of the capacitor plates possibly introduced by
the thermal mismatch during embossing the metal conductor to the polymer film.
Similar behavior is also observed in the PLLA-based sensors discussed above.
Selected recorded impedance phase behavior as a function of frequency at different
immersion times with zero applied pressure are shown in Figure 99. f0 of the sensor
in saline (37 ◦C) with zero applied pressure and calculated Q during the 12-hour




























12zhours PLGA/PVA sensor - 1
Figure 99: Impedance phase as function of frequency of the PLGA/PVA sensor 1
in air (room temperature) and in saline (37 ◦C) with zero applied pressure
As expected, the trough of the phase becomes shallower and broader as the im-
mersion time increases, corresponding to decrease of Q. When the sensor has been
immersed in saline for 12 hours, clear resonance still can be detected, however after
the sensor has been placed in the incubator overnight, no resonance can be found in
the next measurement. As shown in Figure 100, f0 increases rapidly from 25.1 MHz
to 28.9 MHz in the first 90 minutes, then begins to decrease at a rate of approximately





















Time in saline (hour)
f0
Q
PLGA/PVA sensor - 1
Figure 100: f0 and calculated Q as functions of immersion time of the PLGA/PVA
sensor 1 in saline (37 ◦C) with zero applied pressure
On the other hand, Q drops from 16 rapidly to 12 within the initial 90 minutes, then
gradually decreases to 7 at 12 hours.
The pressure response of PLGA/PVA sensor 1 is measured at immersion time
points of 0hours, 1.5 hours, 4 hours, and 9 hours, as shown in Figure 101. 0-20
kPa is applied during the pressure response measurement after then sensor has been
immersed in saline. However, resonance disappears when the applied pressure exceeds
certain values (15 kPa for immersion time point of 1.5 hours, 13.6 kPa for immersion
time point of 4 hours, and 9.3 kPa for immersion time point of 9 hours). When the
applied pressure is reduced to less than those thresholds, the resonance appears again.
The resonant frequencies of the sensor corresponding to those pressure thresholds are
all about 27 MHz. Therefore, the disappering of resonance is very likely due to the
two parallel capacitor plates touching when too much pressure is applied.
The sensitivity of the sensor in air and in saline is plotted as a function of the
immersion time in Figure 102. After the sensor is immersed in saline, the sensitivity
increases slowly from -119.2 kHz/kPa at immersion time point 1.5 hours to -153.0




















PLGA/PVA sensor - 1
Figure 101: f0 as a function of applied pressure in the pressure response measure-




















Time in saline (hour)
in air
in saline
PLGA/PVA sensor - 1
Figure 102: Calculated sensitivity of the PLGA/PVA sensor 1 in air (room tem-
perature) and in saline (37 ◦C)
-4.5 kHz/(kPa·hour). The sudden reduction of sensitivity of the sensor from -93.9
kPa/kHz to -42.7 kPa/kHz when the sensor is placed in saline is very likely due to
the extremely rapid f0 increase during the initial stage of the immersion (Figure 100).
Measurement of the sensitivity against the background of an equilibrating f0 results
in measurement artifacts and an artificially lowered sensitivity. Based on the result
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of both Figure 100 and Figure 102, the equilibration stage of PLGA/PVA sensor 1 is
the first 75 minutes, and the functional life time is the following 10 hours (from 1.5
to 11.5 hours).
6.3.3.2 PLGA/PVA Sensor 2 (PVA/PLGA Spacers)
PLGA/PVA sensor 2 with PVA-PLGA spacers is first characterized in air at room
temperature by applying pressure from 0 to 30 kPa. The obtained f0 is plotted as
a function of applied pressure in Figure 103. The f0 at zero applied pressure in air













PLGA/PVA sensor - 2
Figure 103: Measured f0 as a function of applied pressure of PLGA/PVA sensor 2
in air at room temperature
Selected recorded impedance phase behavior as a function of frequency at different
immersion times with zero applied pressure are shown in Figure 104. Similar to all
the other sensors, the trough of the phase becomes shallower and broader as the
immersion time increases, corresponding to decrease of Q. Clear resonance still can
be detected when the sensor has been immersed in saline for 12.5 hours. However,
after the sensor is placed in the incubator overnight, a very shallow and broad trough
of phase behavior is detected at immersion time point 27 hours, and the phase plot
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PLGA/PVA sensor - 2
Figure 104: Impedance phase as a function of frequency of the PLGA/PVA sensor
2 in air (at room temperature) and in saline (at 37 ◦C) with zero applied pressure
f0 and Q obtained from the measured impedance phase during the entire long-term
immersion test are plotted as a function of immersion time in saline in Figure 105.
The performance of the sensor in 37 ◦C can also be divided into three distinct stages:
equilibration stage, functional lifetime, and performance degradation stage.
During the first 1.5 hours in saline, the f0 of the PLGA/PVA sensor 2 decreases
from 32.6 MHz to 32 MHz. This behavior is opposite to all the other sensors discussed
previously (PLLA-Zn/Fe sensor 1-4 and PLGA sensor 1), but consistent with that
of all the PLGA/PVA sensors with non-PLLA spacers (PLGA/PVA sensor 3 and
5). One hypothesis is that when the PLGA/PVA package swells in saline, the thin
PLGA or PVA spacers, which are not as mechanically robust as the PLLA spacer, will
be pressed inward slightly, resulting reduction of the distance between two capacitor
plates and increase of the total inductance. The calculated capacitance increase is
0.5 pF.
During the functional lifetime of sensor 2 (beginning at 1.5 hours), f0 increases

























PLGA/PVA sensor - 2
Figure 105: f0 and calculated Q as a function of immersion time of the PLGA/PVA
sensor 2 in saline (37 ◦C) with zero applied pressure
hours when the sensor begins to fail. The Q decreases slowly from 14 to 9 during the
first two stages. During the performance degradation stage, f0 increases rapidly at an
approximately constant speed of 0.766 MHz/hour while Q decreases further to 2 when
the sensor has been immersed in saline for 30 hours. No resonance can be detected
afterwards. Unfortunately, due to the lack of data points during the night that the
sensor is stored in the incubator, the exact time point that the sensor moves from
functional lifetime to the performance degradation stage is not recorded. However,
if linear increases of f0 during the functional lifetime and performance degradation
time are assumed (which is indicated by the recorded data), by extending the trend
lines, the cross point that corresponds to the transition time point is approximately 19
hours. The rapid increase of the f0 during the performance degradation stage is very
likely due to the PVA film beneath the PLGA starting to swell/dissolve and pushing
the capacitor plates further apart. The pictures of this sensor after being immersed
in saline for 29 hours are presented in Figure 106. From the top view (Figure 106(a)),
no obvious damage can be observed. But from the side view (Figure 106(b)), the
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Figure 106: (a) Top view, and (b) side view of PLGA/PVA sensor 2, after immersion
in saline for 29 hours
Pressure response measurements of PLGA/PVA sensor 2 are performed at immer-
sion time points of 2.25 hours, 5 hours, and 9 hours, as shown in Figure 107. The
sensitivity of the sensor in air and in saline is plotted as a function of the immer-
sion time in Figure 108. Before the sensor enters the performance degradation stage,
the sensitivity of the PLGA/PVA sensor 2 remains relatively constant at 45.2 ± 1















PLGA/PVA sensor - 2
Figure 107: f0 as a function of applied pressure of PLGA/PVA sensor 2 in saline
























PLGA/PVA sensor - 2
Figure 108: Calculated sensitivity of the PLGA/PVA sensor 2 in air (room tem-
perature) and in saline (37 ◦C)
6.3.3.3 PLGA/PVA Sensor 3 (PLGA Spacer)
Similar to the characterization protocol of other sensors, pressure response measure-
ments in air at room temperature (pressure range of 0 to 36 kPa) are first applied to
PLGA/PVA sensor 3 to confirm its functionality. The result is plotted in Figure 109.
A sensitivity of -43.3 kHz/kPa is exhibited, comparable to other sensors with sim-
ilar design. The f0 is 50.7 MHz in air with zero applied pressure. The calculated















PLGA/PVA sensor - 3
Figure 109: Measured f0 as a function of applied pressure of PLGA/PVA sensor 3
in air at room temperature
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Measured impedance behavior of the PLGA/PVA sensor 3 in air and in saline
at zero applied pressure are shown in Figure 104. The f0 and calculated Q during
the entire immersion test are plotted as a function of immersion time in saline in
Figure 100. The performance of the sensor in 37 ◦C can also be divided into three
stages: equilibration stage (0 to 1.5 hours), functional lifetime (1.5 to 25 hours) and
performance degradation stage (after 25 hours). The f0 of PLGA/PVA sensor 3 drops
dramatically from 47.3 MHz to 36.9 MHz in the equilibration stage, corresponding
to a total capacitance change of 3.8 pF. This large decrease of f0 might relate to the
relatively thick PLGA package, but the precise reason is still under investigation. f0
remains relatively stable at 31.7 ±0.3 MHz during the functional lifetime, and begins
to increase rapidly when the sensor begins to fail after 25 hours. No obvious transition
of Q can be found between the equilibration stage and the functional lifetime. Q
remains above 12 before the sensor enters the performance degradation stage, and
decreases rapidly to 5 at an immersion time of 27 hours. The phase is too flat to




























27ihoursPLGA/PVA sensor - 3
Figure 110: Impedance phase as function of frequency of PLGA/PVA sensor 3 in























PLGA/PVA sensor - 3
Q
Figure 111: f0 and calculated Q as functions of immersion time of the PLGA/PVA

















PLGA/PVA sensor - 3
Figure 112: f0 as a function of applied pressure of PLGA/PVA sensor 3 during
immersion test in saline (immersion time points: 2.25 hours, 5 hours, and 22 hours).
Pressure response measurements of PLGA/PVA sensor 3 are performed at im-
mersion time points of 2.25 hours, 5 hours and 20 hours, as shown in Figure 112.
The sensitivity of the sensor in saline is calculated and presented together with the
sensitivity in air (room temperature) in Figure 113. The sensitivity remains relatively
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stable at 41.7 ± 0.6kHz/kPa in saline. These sensitivities in saline are also compara-
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in air
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PLGA/PVA sensor - 3
Figure 113: Calculated sensitivity of PLGA/PVA sensor 3 in air (room temperature)
and in saline (37 ◦C)
6.3.3.4 Accelerated Degradation Due to Fabrication Defects of PLGA/PVA-based
Sensors
During the characterization of PLGA/PVA sensors, it is found that some sensors,
even with the same design as others and behaving normally during pressure response
testing in air, fail much more rapidly than expected. PLGA/PVA sensors 4 and 5 are
shown as such examples. The designs of these two sensors are listed in Table 13.
The results of the pressure response measurements of PLGA/PVA sensors 4 and
5 in air at room temperature are shown in Figure 114. Sensitivities of -78.9 kHz/kPa
and -45.5 kHz/kPa are obtained for sensor 4 and 5 respectively.
The f0 and calculated Q of PLGA/PVA sensors 4 and 5 during the long-term
immersion test are plotted in Figure 115. Both of the sensors show no resonance
after the last data point of each has been recorded (3 hours for sensor 4 and 5.67
hours for sensor 5). For PLGA/PVA sensor 4, almost no stable stage was observed
between the equilibration stage and the performance degradation stage, during which
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PVA thickness (µm) 200 - 230 250 -260
PLGA thickness(µm) 150 200
Spacer Materials PLLA and PCL PVA and PLGA
Spacer thickness (µm) 35 30
















Figure 114: f0 as a function of applied pressure of PLGA/PVA sensors 4 and 5 in
air at room temperature
f0 decreases rapidly accompanied withQ dropping to below 8. For PLGA/PVA sensor
5, a distinguishable equilibration stage (0 to 2.5 hours) and functional lifetime (2.5 to
5.33 hours) are exhibited. During the functional lifetime, f0 remains constant at 32.66
± 0.03 MHz, and Q decreases slowly from 14 to 11. However, resonance suddenly
disappears when sensor 5 is taken out of the incubator for the next measurement at an
immersion time point of 5.67 hours, even though no signs of performance degradation
had been observed prior to this time point.


















































PLGA/PVA sensor - 5
(b)
Figure 115: f0 and calculated Q as a function of immersion time of (a) PLGA/PVA
sensor 4, and (b) PLGA/PVA sensor 5, in saline (37 ◦C) with zero applied pressure
the previously-described bubbles that are trapped in the PLGA and/or between the
PLGA and PVA films during lamination. These bubbles, especially the ones trapped
close to the outer surface of the PLGA shell film, can dramatically reduce the func-
tional lifetime of the sensor. These bubbles reduce the thickness of the PLGA shell
package and make these points vulnerable to the invasion of water. The PVA core
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film inside the PLGA shell film can be dissolved and force the breakage of the PLGA
shell film. Then the sensor will fail rapidly once the water can penetrate directly
into the sensor through these fractures. Pictures of PLGA/PVA sensor 4 before and
during the long-term immersion test are presented in Figure 116. Compared with the
well-functioning PLGA/PVA sensor 2 (Figure 106(a)) that appears white only on the
PLGA edge upon failure at 29 hours, after PLGA/PVA sensor 4 has been immersed
in saline for 1 hour, a white spot is observed as marked in Figure 116(b), indicating
the swelling and/or dissolution of the PVA. As immersion continues, more damage
points are detected surrounding the edge of the PVA core film. At the time point
of 3.5 hours, which is 30 minutes after the sensor stops resonant behavior, the PVA
core film beneath the PLGA shell film has been greatly damaged; an opening can be
clearly seen from the side view in Figure 116(c).
A summary of the functionality measurements of PLGA/PVA-based sensors in
air and in vitro are listed in Table 14.




Spacer materials PLLA/PCL PVA/PLGA PLGA
PVA embossing temperature 165 ◦C 130 ◦C 130◦C
In air
f0 at 0 pressure (MHz) 27.9 35.5 50.7
Sensitivity (kHz/kPa) -93.9 -45.3 -43.3





Functional lifetime (hour) 10 16.5 23.5















Figure 116: Time sequence pictures of PLGA/PVA sensor 4 (a) before, and (b-d)
during the long-term immersion test in saline (37 ◦C) at immersion times of (b) 1
hour, (c) 3.5 hours, and (d) 6 hours
6.4 Functionality Characterization of Biodegradable Pres-
sure Sensor Without Conducting Via
The biodegradable pressure sensor without conducting via, prepared for the function-
ality test presented here, consists of a PLGA/PVA ”shell-core” stucture as package
and PLLA/PCL as spacers. The dimensions of the Zn inductor and single plate ca-
pacitor are the same as that of the sensors with conducting via. The PVA embossing
temperature is 165 ◦C.
6.4.1 Characterization in Air
The sensor is first characterized in air at room temperature. The pressure response
measurement is performed, shown in Figure 117. Under zero applied pressure, the
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f0 of this sensor without conducting via is 73.3 MHz. A extremely high sensitivity
of -341 kHz/kPa is observed. One possible reason is that the PLLA spacer is not












Figure 117: f0 as a function of applied pressure for pressure sensor without con-
ducting via in air
A short-term stability test is performed by applying constant pressure (10 kPa)
to the sensor in air for approximately 42 hours. The f0 recorded during the whole
process is shown in Figure 118. f0 decreases from 73.3 MHz to 68.9 MHz instantly
upon 10 kPa pressure is applied and remains stable for the first 5 hours. A very
slow increase of the f0 from 68.9 MHz to 69.2 MHz from 5 hours to 43 hours is
observed. This very slow shift of the f0 under 10 kPa, however is not unacceptable
for PLGA/PVA film which does not have perfect air-tightness.
6.4.2 In Vitro Characterization
The sensor withour conducting via is also placed in saline of 37 ◦ and characterized
in a long-term immersion test. The detailed protocol is the same as the PLGA/PVA-
based sensors with conducting via described in Section 6.3.3. The f0 of the sensor with















Figure 118: f0 of the pressure sensor without conducting via before, during and
after a constant pressure of 10 kPa is applied in air
Figure 119. The pictorial time history of the sensor is shown in Figure 120. During
the equilibration stage (0 to 2.3 hours) f0 increases rapidly from 60.9 MHz to 64.1,
and Q decreases from 9 to approximately 5. From 2.3 hours to 8 hours, f0 fluctuates
around 64.1 MHz while Q remains above 3.5. This can be considered as the functional
lifetime for this sensor. When the sensor transitions to the performance degradation
stage, both f0 and Q decrease rapidly and no resonance can be detected after the
sensor has been immersed in saline for 13 hours. As expected, the PLGA/PVA
sensor without via has a lower Q than sensors with conducting via, as discussed in
Chapter 3. The edge (PLGA) of the sensor turns white, which has been also observed
in other PLGA/PVA-based sensors after they fail.
This particular pressure sensor without conducting via does not show satisfying
performance. Due to time restrictions, no additional devices without conducting via
were fabricated and tested. However, based on this preliminary result, it is optimistic
to expect that biodegradable pressure sensors without conducting via can achieve























Figure 119: f0 and calculated Q as functions of immersion time of pressure sensor
without conducting via in saline (37 ◦C) with zero applied pressure
Before immersion test
(a)
In saline for 3 hours
(b)
In saline for 13 hours
(c)
Figure 120: Pictorial time history of a PLGA/PVA-based sensor without conducting
via: (a) before immersion test, (b) after immersion in 37◦C for 3 hours, and (c) out
of the saline after having been immersed for 13 hours
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CHAPTER VII
IN VITRO DEGRADATION STUDY OF THE
BIODEGRADABLE SENSORS
In Chapter 4, the degradation behaviors of the polymer and the metal materials of the
sensor have been studied respectively. Those results can be utilized as guidance for de-
veloping the design of biodegradable sensors with designed degradation time. In this
chapter, in vitro degradation behavior of the fabricated fully functional sensors are
investigated. Together with the functional performance illustrated in Chapter 6, the
complete performance study of this novel biodegradable pressure senor is presented.
7.1 In vitro Degradation Study of Biodegradable Zn/Fe-
couple Conductors
Freestanding electroplated Zn/Fe-couple conductors are obtained by dissolving the
embossing polymer (PLLA) film bearing the embedded Zn/Fe-couple conductor pat-
terns. The conductors are washed with DCM to remove polymer residues and dried
thoroughly before the weight of each specimen is carefully measured. During the
degradation test, each specimen is immersed in saline (0.9% NaCl, pH 6.8) and
placed in an incubator at a temperature of 37±0.5◦C with gentle mechanical agi-
tation (shaker, < 50 rpm). When the specimens are removed from saline for weight
measurements, each specimen is rinsed with approximately 50 mL DI water for at
least 3 times and dried thoroughly in a 37±0.5◦C oven overnight.
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7.1.1 Degradation of Electroplated Zn/Fe(bilayer) Conductors
The weight of each electroplated Zn/Fe(bilayer) specimen is measured approximately
every 24 hours over a 300-hour time frame. Each specimen is placed in approxi-
mately 10 ml of saline, and the saline is refreshed every 24 hours. Figure 121 shows
Zn/Fe(bilayer) conductor specimens before the degradation test and after immersion
in saline for 24 hours before washing and drying. Similar to that of the Zn/Fe-couple
rectangular specimens studied in Chapter 4, a significant quantity of residue is ob-
served on the surface of the specimens. Most of the residue is loosely attached to
specimens and can be removed by rinsing the specimens in DI water.
(a) (b)
Figure 121: Electroplated Zn/Fe bilayer freestanding conductors (a) before degra-
dation, and (b) after degrading for 24 hours in 0.9% saline (without washing and
drying).
A pictorial history of the Zn/Fe(bilayer) conductors over the 300-hour experiment
duration is shown in Figure 121. The behavior is consistent with that of the Zn/Fe
rectangular specimens. Initially, a white oxidation product is observed, consistent
with Zn oxidation [21]. As the degradation of the Zn/Fe(bilayer) conductors contin-
ues, the specimens lose physical integrity, beginning with the thinner coil lines and
proceeding to the capacitor plates. As degradation progresses, brown/red iron oxides












Figure 122: A pictorial history of the Zn/Fe(bilayer) conductors over a 300-hour
experiment duration.
Four Zn/Fe(bilayer) specimens of similar nominal initial weight (29 ± 2 mg) are
selected for detailed weight loss analysis. The normalized average remaining weight
as a function of degradation time is plotted in Figure 123. The four specimens show
similar degradation behavior: the weight of the specimens monotonically decreases
over 200 hours, reaching an asymptotic residual weight of approximately 20% of the
original weight.
To further understand the detail of this degradation behavior, the average weight
loss rate (mg/hour, not normalized by Zn area) as a function of degradation time
of the Zn/Fe(bilayer) is plotted in Figure 124. The degradation rate can be roughly
divided into 3 stages. In the first 72 hours (stage 1), the degradation rate is the most



























Figure 123: Remaining weight (in percent) of the Zn/Fe(bilayer) conductor speci-
mens as a function of time during the in vitro degradation measurement.
either unbroken or broken into relatively large pieces, in which the degradation of
the Zn/Fe(bilayer) structure is consistent with a galvanic corrosion mechanism. The
original total Zn surface area including the top surface and side-wall is 0.62 cm2, and
the Fe surface is 0.52 cm2. The calculated weight loss rate per unit area of Zn per hour
is between 0.5 to 0.25 mg/(cm2·hour). This rate is a little lower than the degradation
rate model developed in Chapter 4. The main reason might be the different protocol
used here: the volume of the saline is smaller and refresh frequency is less. In stage
2, between 84 and 180 hours, the degradation rate of the bilayer specimen is between
0.05-0.1 mg/hour. In this stage, the specimens have broken into much smaller pieces,
some of which may no longer have been bearing Zn, and initial formation of iron
oxides is observed. This slower iron oxidation, together with the reduced Zn surface
area as degradation proceeds, is consistent with the observed reduction in weight
loss rate. In stage 3, after 200 hours, the degradation rate of the specimens is very
small (< 0.04 mg/hour). In this period, the entire specimen has been broken into
very small pieces (Figure 122). Most of the Zn has gone, leaving only the iron oxide.
The total weight of the corroded specimens at the end of stage 3 was approximately
20% of the original weight (Figure 123), which is consistent with the expected weight
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of remaining iron if it had been transformed into iron oxides. The residue of the
corroded iron cannot be dissolved in saline; however, in vivo studies of iron implants
that have undergone biodegradation have shown both lack of toxicity of any residual
iron oxides [113, 114] as well as postulated phagocytic transport of iron oxide particles



























Figure 124: Weight loss rate (mg/hour) of the Zn/Fe(bilayer) conductor specimens
as function of degradation time in saline.
7.1.2 Degradation of Zn/Fe(checker) Conductors
A degradation study of the Zn/Fe(checker) conductor that is fabricated by E-beam
evaporation of 500 nm Fe on partial portions of the electroplated Zn surface is also
performed. To compare the weight loss rate of the Zn/Fe conductor with the model de-
duced from rectangular Zn/Fe-couple pieces in Chapter 4, a similar protocol is utilized
here: the weight of each plated Zn/Fe(checker) specimen is measured approximately
every 6 hours over a 60-hour time frame. Each specimen is placed in approximately
10 ml of saline, and the saline is refreshed every 6 hours. A pictorial history of the
Zn/Fe(checker) conductors (50% coverage shadow mask coverage) over the 60-hour
experiment duration is shown in Figure 125. The behavior is consistent with that
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of the electroplated Zn/Fe(bilayer) conductors. Similar to the Zn/Fe(checker) rect-
angular specimens in Chapter 4, breakage of the windings usually occurs in the Zn
area between the Fe coverage, where the most rapid degradation is observed. Af-
ter 60 hours, no significant amount of iron oxides are observed, suggesting that full













Figure 125: A pictorial history of the Zn/Fe(checker) conductors: (a) before degra-
dation, and (b-d) after degrading in vitro for (b) 12 hours, (c) 24 hours, and (d) 60
hours.
Three Zn/Fe(checker) specimens with similar nominal initial weight (27 ± 1 mg)
are selected for detailed weight loss rate analysis. The normalized remaining weight
percentage and the average rate of weight loss (in mg/hour, not normalized by the
aread of Zn) as functions of degradation time are plotted in Figure 126 and Figure 127
respectively. The remaining weight percentage is approximately 49% after in-vitro
degradation testing for 60 hours. The average weight loss decreases monotonically
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from 0.42 mg/hour in the initial 6 hours to 0.1 mg/hour after 60 hours. This is due
to the continuous loss of physical integrity, especially after 24 hours. In the initial 12
hours, the average weight loss rate per unit area of initially exposed Zn (0.53 cm2) is
calculated to be between 0.77 and 0.52 mg/(cm2·hour). This value agrees well with


























Figure 126: Remaining weight (in percent) of the Zn/Fe(checker) conductor speci-

























Figure 127: Weight loss rate (mg/hour) of the Zn/Fe(checker) conductor specimens
as a function of degradation time in saline.
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7.2 In Vitro Degradation Behavior of Biodegradable Pres-
sure Sensors
7.2.1 In Vitro Degradation of PLLA-based Sensors
After completion of the functionality performance characterization, each PLLA-based
sensor is placed in approximately 20 mL of 0.9% saline and stored at 37 ±0.5◦C in an
incubator. The sensors are removed the saline for weight measurement intermittently.
Before each weight measurement, each sensor is rinsed with at least 300 mL DI water,
and dried for 48 hours at 37 ±0.5◦C. The entire degradation measurements last for
approximately 8 months for the PLLA-Zn and PLLA-Zn/Fe(bilayer) sensors, and 60
days for the PLLA-Zn/Fe(checker) sensors. The normalized weight changes of these
three kinds of PLLA-based sensors are shown in Figure 128, with pictures of them at






























Figure 128: Remaining weight percentage of PLLA-based sensors during in
vitrodegradation characterization.
After 8 months, PLLA sensors with pure Zn and Zn/Fe-couple conductors show
less then 2% and 5% weight loss, respectively. This small weight loss is reasonable due
to the fact that PLLA, which accounts most of the weight of the sensor, takes years

















Figure 129: A pictorial history of PLLA-based sensors with a: (a) pure Zn con-
ductor, (b) Zn/Fe(bilayer) conductor, and (c) Zn/Fe(checker) conductor, before and
during the sensor in vitro degradation characterization.
begins to degrade during this time period, even they are encapsulated within the
PLLA package. Generation of a fair amount of Zn oxides is observed in the sensor
with pure Zn conductor (Figure 129(a)) and the sensors with Zn/Fe-couple conductors
during the early stages (60 days) (Figure 129(b) and Figure 129(c)). Brown/red Fe
oxides are also observed in the sensors with Zn/Fe(bilayer) conductors in the later
stages in Figure 129(b). It should be noted that there is still a certain amount of Zn
present after the Fe already begins to degrade (Figure 129(b): 252 hours), this might
due to the PLLA film restraining the release of the Zn oxides, thereby reducing the
efficiency of the Fe-Zn galvanic couple.
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7.2.2 In Vitro Degradation of PLGA/PVA-based Sensors
In order to understand the degradation lifetime of the PLGA/PVA-based sensors, a
prolonged in vitro degradation measurement of these sensors in saline is performed
after sensor electrical resonance can no longer be detected. Each sensor is kept in its
glass vial with approximately 20 ml of 0.9 % saline and stored in the incubator under
37 ±0.5 ◦C. The weight of each sensor is measured intermittently until the majority
of the sensor is degraded. To measure the weight of the sensor, the extra saline inside
the vial is removed, and 20 ml of DI water is poured into the vial to rinse the sensor.
The sensor is rinsed for at least 5 times, and placed into the 37 ±0.5 ◦C oven together
with the vial container, and dried for 48 hours prior to measurement.
The degradation rate of PLGA/PVA-based sensors are expected to be much more
rapid than PLLA devices due to the relatively rapid degradation rate of the PLGA
and PVA films. As mentioned in the fabrication of the PLGA/PVA-based sensor in
Chapter 5, 165 ◦C is initially utilized to emboss the metal conductor into the PVA
film, and PLLA-PCL spacers are utilized to create the cavity in the sensor. However
it is observed that PVA undergoing such high temperature processing will crosslink
and subsequently cannot dissolve completely in water at 37 ◦C. Therefore, 130 ◦C is
utilized as the embossing temperature of PVA film in later studies; and at the same
time, non-PLLA spacers are adopted to enable the complete dissolution of the sensor
within a short time.
Below, the long term degradation behavior of these two types of sensors (based on
the spacer materials utilized) are presented. In each types of sensor, the conductor
can be either pure Zn or Zn/Fe-couple. Pictorial history as well as the weight loss
results are presented for each type of sensor.
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7.2.2.1 In vitro Degradation of PLGA/PVA-based Sensors With PLLA/PCL
Spacer and 165 ◦C PVA Embossing Temperature
Within this type of PLGA/PVA-based sensor (PLLA/PCL spacers and 165 ◦C PVA
embossing temperature), two types of contuctors, pure Zn and Zn/Fe-couple are fab-
ricated and characterized.
(a) Pictorial Histories
The pictorial history of degradation of a such PLGA/PVA-based sensor with Zn
conductor is shown in Figure 130. At a time point of 24 hours, in addition to the
observation that the edge of the PLGA turns translucent (which usually is accom-
panied by failure of the sensor), white patches appear in the middle of the sensor
(Figure 130(b)). These white patches correspond to the swelling/dissolving of highly
crosslinked PVA. As the sensor is immersed in saline for longer times, the area of the
white patches increases gradually (Figure 130(c)). By the 3 day time point, the sensor
becomes completely white and opaque (Figure 130(d)). The PLGA package finally
breaks and the sensor starts to fragment into small pieces; meanwhile, the Zn origi-
nally present inside the sensor starts to degrade as well (Figure 130(e)-Figure 130(g)).
However, due to the high crosslink density introduced into the PVA during the 165 ◦C
lamination process, the PVA cannot dissolve in the saline completely, as shown by
the white residue remaining after 39 days (Figure 130(h)).
Degradation of such a PLGA/PVA based sensor with Zn/Fe(checker) conduc-
tors is also studied. Referring to the PLGA/PVA sensor 1 studied in Section 6.3.3.
Prolonged degradation testing is performed, and the pictorial history is shown in
Figure 131. Before the PLGA package breaks, the sensor with Zn/Fe(checker) con-
ductors exhibits similar degradation phenomena as that of the sensors with pure
Zn conductor; thus, the first four days of history are not included in Figure 131.
Due to the checker-shape coverage of Fe on the Zn surface, significant amounts of


























Figure 130: Pictorial history of a PLGA/PVA-Zn sensor with PLLA-PCL spacers
and 165 ◦C PVA embossing temperature (PLGA/PVA sensor 1) in-vitro degradation
at time points of: (a) 0 hour, (b) 24 hours, (c) 30 hours, (d) 3 days, (e) 10 days, (f)
15 days, (g) 27 days, and (h) 39 days.
metal conductor starts to segment into very small fragments along the boundary of
the Zn/Fe junction, and red/brown Fe oxides appear in the late stage after 20 days














Figure 131: Pictorial in-vitro degradation history of a PLGA/PVA-Zn/Fe sensor
with PLLA-PCL spacers and 165 ◦C PVA embossing temperature at time points of:
(a) 4 days, (b) 14 days, (c) 20 days, and (d) 30 days.
(b) Weight loss Measurements
In total, weight loss degradation measurements of three representative PLGA/PVA
sensors with PLLA/PCL spacers and 165 ◦C PVA embossing temperature are col-
lected; two with Zn conductors and one with Zn/Fe couple conductors. The weight
of each component within the sensor is calculated based on the thicknesses of the
polymer films and metal conductors; these thicknesses were measured prior to as-
sembling the sensors. The measured thicknesses of the components, together with
the weight percentage normalized by the initial weight of each sensor, are shown in
Table 15. Sensor HZn-1 and HZn-2 (H represents high PVA embossing temperature)
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have pure Zn conductors and HZn/Fe has a Zn/Fe(checker) conductor with Fe cov-
ering 50% of the area of the Zn on one side. The thicknesses of all the conductors are
approximately 65 µm. The PLGA thicknesses of these three sensors are very similar
(120 µm for HZn-1 and HZn-2, and 100 µm for HZn/Fe), while the PVA thickness
varies: approximately 350-380 µm for HZn-1, 240-260 µm for HZn-2, and 200-230 µm
for HZn/Fe.
Table 15: Measured and calculated parameters of the PLGA/PVA-based sensors
with PLLA spacer (165 ◦C PVA embossing temperature) for degradation study
Parameters




PVA thickness µm 350-380 240-260 200-230
PLGA thickness µm 120.00 120.00 100.00
Metal thickness µm 65.00 65.00 65.00
Spacer thickness µm 35.00 35.00 25.00




PVA (%) 57.48 44.35 47.34
PLGA (%) 31.75 41.56 36.62
Metal (%) 10.72 14.03 15.98
PLLA spacer (%) 0.05 0.07 0.06
The measured weight remaining weights of these sensors during the in vitro degra-
dation normalized by the initial sensor weights are plotted as function of degradation
time in Figure 132. The observed weight change during degradation can be divided
in-to 3 stages: slow weight loss in the initial functional stage, principal degradation
stage, and then final weight-stable stage, after most of the sensor mass has degraded.
During the initial 2 days, all three sensors show less than 3% weight loss. This cor-
responds to a period in which the sensor is functional for approximately one day,
followed by PVA inside the PLGA gradually swelling. After 3 days, the weights of























































Figure 132: Remaining weight and normalized percentage of the PLGA/PVA sen-
sors with PLLA spacers and 165 ◦C PVA embossing temperature during in-vitro
degradation characterization.
PLGA/PVA sensors. During this stage, the PLGA package brakes, and the PVA
originally inside the PLGA shell comes in direct contact with water and dissolves.
This behavior is observed in all of the core-shell types of sensors. As the PVA loses
its integrity, the metal conductor also comes into contact with saline and begins to
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degrade. In parallel, the PLGA package also degrades slowly. Note that the HZn/Fe
specimen exhibits the most rapid degradation among these three sensors during this
stage. This is very likely due to the accelerated degradation of the metal due to
galvanic corrosion. After approximately 27 days for HZn-1 and HZn-2, and 21 days
for HZn/Fe, the majority of each sensor has degraded, leaving residual weight that
remains relatively constantly for a prolonged time period. This residue includes in-
soluble highly cross linked PVA, metal and PLLA/PCL spacer material. At this stage,
the weight of the residue as a fraction of the original weight is approximately 19% for
both sensors HZn-2 and HZn/Fe, and 21% for sensor HZn-1. Two sensors with undis-
solved matter, including undissolved, transparent PLLA/PCL spacers remaining in
saline are presented in Figure 133.
5mm 5mm
Figure 133: Photographs of two two of the PLGA/PVA sensors with PLLA spacers
and 165 ◦C PVA embossing temperature after 30 days. The undissolved spacers are
transparent but can be seen in the photographs.
7.2.2.2 In Vitro Degradation of PLGA/PVA-based Sensor with non-PLLA spacer
and 130 ◦C PVA Embossing Temperature
Based on the above observations, two process modifications could potentially en-
hance the degradability of these sensors: (1) reducing the embossing temperature
to reduce PVA crosslinking; and (2) replacing the PLLA spacers with more easily
170
degradable material. To test these process modifications, 130 ◦C embossing tempera-
ture is adopted during the PVA embossing process. Further, spacers of PVA/PLGA
and pure PLGA are also utilized in the sensor. The degradation behavior of these
these sensors are presented below.
(1) PLGA/PVA-based sensor with PVA/PLGA spacers
Two types of PLGA/PVA-based sensor with PVA-PLGA spacers and 130 ◦C PVA
embossing temperature are fabricated and studied here: one with pure Zn conductors




















Figure 134: A pictorial in vitro degradation history of a PLGA/PVA-Zn/Fe sensor
with PVA-PLGA spacers and 130 ◦C PVA embossing temperature at time points of
: (a) 27 hours , (b) 3 days, (c) 6 days, (d)13 days, (e) 18 days, and (f) 23 days.






















Figure 135: A pictorial in-vitro degradation history of a PLGA/PVA-Zn/Fe sensor
with PLLA spacers and 165 ◦C PVA embossing temperature at time points of : (a)
4 days, (b) 14 days, (c) 20 days, and (d) 30 days.
Zn conductor and a sensor with Zn/Fe-couple conductor are shown in Figure 134 and
Figure 135 respectively. Both the sensor with pure Zn conductor and Zn/Fe cou-
ple conductors show similar behavior. The sensors are greatly twisted/deformed at
approximately 3 days, and start to lose physical integrity. The PVA and metal con-
ductors start to degrade once they come in contact with liquid water. The white areas
in the sensor photographs before the 7 day degradation time point is an indication
of dissolving PVA. At the 13 day time points, most of the PVA has dissolved. The
PLGA and metal(s), undergo slow degradation during the following approximately 20
days, ultimately leaving minimal residual traces. During the degradation, the metal
conductors can either fall out of the polymer package (Figure 135(c)) or remain inside
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of the broken polymer package (Figure 134(d)). If the conductors remain inside of the
polymer package, the metal still degrades gradually, possibly with slower degradation
rate. In Figure 135, at 6 day time point (Figure 135(c)), one Zn/Fe metal capacitor
plate has fallen out of the polymer package while the other remains inside. At the 13
day time point, as shown in Figure 135(d), the Zn/Fe(checker) capacitor plate outside
the polymer is almost gone, while the plate inside the polymer still has some residual
presence, indicated by the red/brown residue with clear checker-shape in the whitish
polymer. Note that the polymers in Figure 135(f) are transparent because this pic-
ture is taken after the specimen is dried; PLGA appears whitish when saturated in
saline and transparent when dry.
(1-b) Weight Loss Measurements
The degradation results of five PLGA/PVA sensors with PVA as the inner spacer
and PLGA as the outer spacer are presented here. Three sensors (labeled as VZn-1,
VZn-3 and VZn-3) have pure electroplated Zn conductors, while two senosrs (labelled
as VZn/Fe-1 and VZn/Fe-1) have Zn/Fe(checker) conductors with Fe covering 50%
of the area of the Zn on one side. The measured polymer film thicknesses and the
initial weight of the sensors, together with the calculated weight percentage of each
component, are listed in Table 16. The thicknesses of the metal conductors and
spacers for all these sensors are similar, while the thicknesses of the polymer package
vary. The thickness of the PVA and PLGA package are between approximately 250
µm to 350 µm and 170 µm to 250 µmrespectively.
The percentage weights of the PLGA/PVA sensors with PVA/PLGA spacers are
recoreded during the degradation test, and the data are present in Figure 136. The
degradation can be divided into three stages. The weight of the sensors remains
relatively stable for the initial 4 days (less than 5% weight loss), decreases dramatically
during the middle stage (4 to 19 days), and decreases very slowly in the final stage
when the remaining weight is less than 10%. After the degradation time point of
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Table 16: Measured and calculated parameters of the PLGA/PVA-based biodegrad-
able sensors with PVA/PLGA spacers
Parameters PLGA/PVA based sensors with PVA/PLGA spacers
VZn-1 VZn-2 VZn-3 VZn/Fe-1 VZn/Fe-2
Measured thickness (t) and sensor weight
PVA t (µm) 320-360 270-300 240-260 320-350 260-280
PLGA t (µm) 230 240 250 170 190
Metal t (µm) 65 65 65 65 65
Spacer t (µm) 30 40 30 35 40
Sensor weight (mg) 293.27 274.92 262.96 248.43 238.80
Calculated weight
PVA (%) 40.9 37.1 31.9 47.7 40.1
PLGA (%) 49.9 53.1 57.8 41.4 48.6
Metal (%) 9.2 9.8 10.3 10.9 11.3
26 days, the remaining weights of all the sensors are less than 5%. There is no
significant difference between the weight change of sensors with Zn conductors and
Zn/Fe-couple conductors, mainly due to the relatively small amount of metal (27
mg, less than 12% of the entire sensor). Meanwhile, similar degradation time is
observed for all these sensors despite their differing polymer thickness; this is due
to the fact that both the dissolution of PVA and degradation of PLGA proceed by
bulk erosion and are therefore independent of their thickness. It can be concluded
that the degradation lifetime of the fabricated PLGA/PVA sensors with PVA/PLGA
spacers is approximately 26 days, and independent of the polymer thickness for the
thicknesses studied here.
To better understand the in-vitro degradation process of the sensor, the degrada-
tion rates of the sensors with Zn and Zn/Fe-couple conductors are plotted as functions
of degradation time in Figure 137. Every sensor exhibit an increase - peak- decrease




























































PLGA/PVA sensors with PVA/PLGA spacers
(b)
Figure 136: Remaining weight and normalized percentage of the PLGA/PVA sen-
sors with PVA/PLGA spacers during in vitro degradation.
of the appearance change of the sensors during the degradation, this degradation rate
peak should correspond to the fracture of the PLGA package and rapid dissolution
of PVA, which constitutes a significant proportion of the total weight of the sensor.
The peak appears earlier for the sensors with Zn/Fe-couples (between 4 to 10 days)
than for the sensors with Zn conductors (between 9 and 13 days). This is likely due
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to the relatively larger PLGA thickness (which, even in the case of bulk erosion, may
withstand mechanical stress and fracture for a longer time) for the sensors with Zn
conductors, rather than the effect of the galvanic corrosion of the metal. The highest
rate of the sensor VZn/Fe-1 is also mainly due to the high ratio of PVA in the sensor.
During the middle stage when the degradation rate is relatively high (4 to 19 days),
the degradation of the sensor includes dissolving PVA, and degradation of metal and
PLGA. However, due to the fact that the weight measurements cannot be performed
continuously, it is difficult to extract an accurate model for the degradation rate of






































PLGA/PVA sensors with PVA/PLGA spacers
Figure 137: In-vitro degradation rate of the PLGA/PVA sensors with PVA/PLGA
spacers at different time points
(2)PVA/PLGA-based sensor with pure PLGA spacer
In PLGA/PVA-based sensor with pure PLGA spacer, only pure Zn is utlized as
the conductor materials
(2-a) Picture Histories
A pictorial history of in vitro degradation of a PVA/PLGA sensor with pure
PLGA spacer is shown in Figure 138. The degradation appearance is similar to that
of the PVA/PLGA sensors with PVA/PLGA spacers. The PLGA turns white and
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opaque during long-term immersion in saline without volume change in the first 7 days
(Figure 138(b)). After 10 days, the sensor loses its physical integrity (Figure 138(c)),
and the total materials volume of the sensor start to decrease. After a degradation



















Figure 138: A pictorial in vitro degradation history of a PLGA/PVA-Zn/Fe sensor
with PLGA spacer and 130 ◦C PVA embossing temperature at time points of : (a) 0
hour, (b) 7 days, (c) 10 days, (d) 15 days, (e) 20 days, and (f) 30 days.
(2-b) Weight Loss Measurements
The results of two PLGA/PVA sensors with pure PLGA spacer and Zn conductors
are studied here. These sensors are labelled as G-1 and G-2. The measured polymer
films thicknesses and the initial weight of the sensors, together with the calculated
weight percentage of each component are listed in Table 17. The initial weight of
sensor G-1 is much higher than that of sensor G-2, due to the thicker PLGA and
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PVA films.
Table 17: Measured and calculated parameters of the PLGA/PVA-based biodegrad-
able sensors with pure PLGA spacers
Parameters
PLGA/PVA sensor
with pure PLGA spacer
G-1 G-2
Measured
PVA thickness (µm) 300 330 270-290
PLGA thickness (µm) 300 200
Metal thickness (µm) 65 65
Spacer thickness (µm) 45 45




PVA (%) 32.5 39.3
PLGA (%) 59.5 49.9
metal (%) 8.0 10.8
The percentage remaining weight of the PLGA/PVA sensors with PLGA spacers
are recorded during the degradation test and are shown in Figure 139. The degra-
dation can also be divided into three stages. In the first approximately 5 days, the
weight of the sensors remains relatively constant (less than 4% weight loss). Between 5
days to 20 days, the weight of the sensors decreases dramatically, with approximately
7 % of the total weight remaining. After the majority of the sensor is gone, the
degradation rate decreases, until after 25 days, only approximately 3% of the initial
sensor weight remains. Similar total degradation time is observed despite the different
polymer thickness of the two sensors, again due to the fact that both the dissolution
of PVA and degradation of PLGA (bulk erosion) are independent of the thickness.
Based on this result, the total in-vitro degradation life time of PLGA/PVA based
biodegradable sensors with PLGA spacers is approximately 30 days and independent
of the polymer thickness.




















































PLGA/PVA sensors with PLGA spacers
(b)
Figure 139: Weight remaining and normalized percentage of the PLGA/PVA sen-
sors with PLGA spacers during in vitro degradation.
in Figure 140. A similar peak to that of the sensors with PVA/PLGA spacers is
also observed. The degradation time point of the maximum degradation rate also
correlates to the thickness of the PLGA package. The degradation peak is between
9 to 14 days for sensor G-1 (300 µm PLGA package), and between 7 to 10 days for
sensor G-2 (200 µmPLGA package). This result agrees with the result obtained from
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Figure 140: In-vitro degradation rate of the PLGA/PVA sensors with PLGA spacer
at different time points.
7.3 Functional Lifetime vs. Degradation Lifetime of the
Biodegradable Sensors
Functional lifetime, degradation lifetime, as well as the functional time ratio (i.e.,
ratio of these two times) are three important parameters that can be used to evaluate
the performance of biodegradable sensors. Figure 141 depicts a typical schematic
performance of a biodegradable sensor. The functional lifetime is the time period
that the sensor is fully and stably functional. If there is an equilibration time, this
time should be excluded from the functional lifetime. The degradation lifetime is
the total duration from the time point that the sensor is placed in contact with
saline to the time point at which the sensor completely degrades (or degrades to
some acceptable value; for example, in this work, the sensor is considered to be
completely degraded if at least 95% of the weight has dissolved). The functional
time ratio is defined as the functional lifetime divided by the degradation lifetime,
and and can be expressed as a percentage. Ideally, the sensor should disappear
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immediately after the sensor finishes its job and is no longer functionally required
(i.e., a functional time ratio of 100%). However, in reality, such a case is likely
impossible because the degradation of materials will likely have to undergo some
unstable stage before disappearing. Further, for short functional lifetime applications,
it is possible that a correspondingly short degradation lifetime would result in local
toxicity due to the environment surrounding the sensor changing rapidly. Therefore,
the desired performance for a degradable sensor would be long functional lifetime,








































Figure 141: Functional life time vs. degradation life time
Among all the sensors that have been fabricated and studied, the functional life-
time and degradation lifetime of those that possessed satisfactory performance are
collected and compared in Table 18. The exact degradation lifetime of the PLLA
based sensors sensors unfortunately exceeded the period of time available for its
study in this work. Therefore, the degradation time of the PLLA polymer based
on its data sheet (> 24 months) is adopted as the degradation lifetime of the PLLA
based biodegradable sensors.
The functional lifetimes of the PLLA based sensors are 4 to 15 days, depending on
the thickness of the PLLA package. However, their fairly long degradation life time
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Table 18: Functional life time vs. degradation life time of the biodegradable sensors











Equilibration time 22 hours 33 hours 1.5 hours 1.5 hours
Functional lifetime 4 days 15 days 17 hours 24 hours
Degradation lifetime > 2 years > 2 years 26 days 25 days
Functional time ratio
(%)
< 0.5% < 2.1% 2.7% 4.0%
(more than 1.5 years) make their functional time ratio quite low (the best case is still
lower than 2.1%). On the other hand, the biodegradable sensor with PLGA/PVA
bilayer package can be fully functional for less than one day and degrade completely
within 26 days; in this case, the functional time ratio is increased. In the future, it
is expected that this functional time ratio of the PLGA/PVA-based sensor can be




8.1 Summary of the Research
Implantable sensors have been extensively investigated to facilitate diagnosis or to
provide a means to generated closed loop control of therapy by yielding in vivo mea-
surements of physical, chemical and biological signals. MEMS technology has demon-
strated significant value in this application mainly due to its micro-scale size, low
weight, low power consumption, potential for low fabrication cost, superior function-
ality or performance, and ability to be combined with biotechnology and molecular
biology. Among those, biodegradable sensors which degrade gradually after they are
no longer functionally needed exhibit great potential in acute or shorter-term medical
diagnostic and sensing applications due to the advantages of (a) exclusion of the need
to a secondary surgery for sensor removal, and (b) reduction of the risk of long-term
infection.
The objective of this research is to design and characterize microfabricated RF
wireless pressure sensors that are made of completely biodegradable materials and
degrade at time-controlled manner. This will be achieved by means of investigation
of appropriate biodegradable materials and development of appropriate fabrication
processes for these non-standard MEMS materials. To achieve this goal, four subareas
of research will be performed: (1) design of sensors that operate wirelessly and are
made of biodegradable materials; (2) investigation of the biodegradable materials in
the application of implantable biodegradable wireless sensors to achieve controllable
degradation lifetimes; (3) development of new fabrication processes that allow the
handling of delicate biodegradable materials; and (4) testing the pressure response
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functionality and studying the degradation behavior of the wireless biodegradable
pressure sensors.
The structure of the wireless sensor consists of a very compact and relatively simple
design of a passive LC resonant circuit embedded in a polymer dielectric package. A
sensing cavity, which is bounded by two metal plates, forms a variable capacitor and
is interconnected with planar inductor coil(s). The inductor and the capacitor can be
either connected with a conducting via, or can be capacitively and inductively coupled
without a conducting via. When pressure is applied to the sensor, the gap between the
two capacitive electrodes is reduced and the capacitor value increases. The resulting
pressure-induced LC resonant frequency change can be measured wirelessly using
an external coil. To design the sensor with a particular resonant frequency range,
the inductance and capacitance of the sensor is predicted using an analytical model
based on the literature. An electromagnetic model of the sensor is also developed
to analyze the wireless sensing mechanism. A mechanical model for circular plate
bending is also presented to understand the deflection of the capacitor plates. Then,
the electromagnetic and mechanical models are integrated to predict the pressure-
dependent capacitance change. The geometry of the sensor is finally established
based on the analytical and finite element simulations results.
Among various biodegradable materials, including both polymers and metals that
have been reviewed for biomedical applications, only FDA-approved and commer-
cialized biodegradable polymers are considered as candidates in this pioneer work
of completely biodegradable wireless sensors. To explore the feasibility of both slow
degradation sensors (expected degradation time on the order of years), and rapid
degradation sensors (expected degredation time on the order of months), poly(L-
lactic acid) (semi-crystalline, degradation time > 2 years) and a ”shell-core” struc-
ture of poly(lactic-co-glycolic acid) (amorphous, degradation time < 1 month) and
polyvinyl alcohol (water soluble) are utilized as the dielectric package. To form the
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required electrical conductors, biodegradable metallic zinc and zinc/iron couples with
appropriate electrical properties (e.g., conductivity and AC resistance) and ease of
fabrication are chosen. In the metallic couples, a bulk biodegradable metal (zinc) that
degrades relatively slowly is electrically connected to a small amount of more active
biodegradable metal (iron). This approach allows acceleration and tailoring of the
degradation rate of the entire metal by galvanic corrosion. The in vitro degradation
rate of the pure zinc and zinc/iron-couples with different metal surface area ratio are
studied through both electrochemical testing and physical weight loss measurements.
Further, due to the absence of degradation data of poly(lactic-co-glycolic acid) uti-
lized in the degradable sensor, the degradation behavior of this polymer is studied in
vitro.
To exploit the advantages of microelectromechanical systems (MEMS) technol-
ogy in fabricating miniaturized devices, while protecting vulnerable biodegradable
materials from the strong and/or hazardous chemicals that are commonly used in
conventional MEMS fabrication process, novel fabrication processes that combine
conventional MEMS technology with non-wet processes have been developed in this
study. These new processes enable the fabrication of biocompatible and biodegrad-
able 3-D devices with embedded, near-hermetic cavities. The bulk metal conductors
are electrodeposited through photoresist molds; for the case of the metal couples, a
thin layer of more active metal is either evaporated or electrodeposted on this bulk
conductor. The metal conductor is then embossed into biodegradable polymer sheets,
followed by multilayer polymer lamination with or without folding to create the final
devices with or without a conducting via.
The fabricated biodegradable pressure sensors are characterized wirelessly in air
and through a long-term immersion test in vitro until no resonance can be de-
tected by the external coil. During the entire in vitro functionality measurements,
the impedance phase and magnitude of individual sensors without applied pressure
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are recorded to determine the resonant frequency and quality factor, and pressure
response tests are performed intermittently to determine the sensitivity. In vitro
degradation tests continue after the sensor stops resonating with the external coil
and last for 7 months for the slow degradation sensors, and less than 35 days for
the rapid degradation sensors. All the sensors exhibit three stages of behavior in
vitro: equilibration, functional lifetime, and performance degradation. During the
functional lifetime, most sensors exhibit fully stable functionality: relatively steady
resonant frequency and slight decrease of quality factor with zero applied pressure, as
well as comparable sensitivities at different time points. The slow degradation sensors
exhibit functional lifetimes of several days and show no significant total weight loss
but do show an obvious physical appearance change of the metal-couple conductors
within 7 months. These slow degradation sensors are expected to fully degrade after
2 years, based on the degradation of the polymer package. The rapid degradation
sensors exhibit functional lifetimes of no more than 1 day and can degrade completely
within 26 days. Compared with that of slow degradation sensors, the rapid degrada-
tion sensors present improved functional time ratio (functional lifetime/degradation
lifetime ×100%) of 2.7% to 4.0%.
8.2 Contributions
A series of novel completely biodegradable RF wireless LC resonant pressure sensors
utilizing slow degradation polymer PLLA, and rapid degradation polymer PLGA
combined with water soluble polymer PVA as dielectrics, and electrodeposted Zn and
Zn-Fe couples as conductors, are successfully designed, microfabricated and charac-
terized.
Based on the in vitro degradation study results using both electrochemical testing
and physical weight loss of pure electroplated Zn and Zn/Fe couples with different area
ratio, a model has been developed to predict the degradation rate of Zn/Fe-couples
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with Fe : Zn area ratio less than 1.
The degradation of Zn/Fe-couple metallic conductors is shown to be accelerated by
a galvanic corrosion mechanism. This exploitation of galvanic corrosion, a normally
undesirable behavior in structural engineering, for the application of acceleration of
biodegradable metals, suggests the potential for expending the number of candidate
degradable metals.
Microfabrication processes that combine MEMS technology and non-wet processes
were developed for fabricating completely biocompatible and/or biodegradable minia-
ture implantable sensors that involve delicate and sensitive polymers. By first mi-
crofabricating structures on relatively robust substrates and then transferring these
structures to biodegradable polymers, flexible electronics can be achieved. By adopt-
ing folding and multiple-layer polymer lamination, 3-D device with quasi-hermetic
cavities embedded inside can be achieved.
A modified model taking into account the fabrication-induced pre-bending of the
capacitor plate is proposed to accurately predict the resonant frequency and sensi-
tivity of the sensor. By calculating an equivalent absolute applied pressure to realize
the observed pre-bending center deflections of capacitor plates using COMSOL, the
simulated sensitivities of the sensors under relative pressure agree well with the ex-
perimental results. Therefore, pre-bending can be intentionally introduced to alter
the sensitivity of the sensor.
Fabricated sensors exhibit full functionality in both air and in saline under 37 ◦C.
All the sensors show three stages of behavior in vitro: equilibration stage, functional
lifetime, and performance degradation. During the functional lifetime, most success-
ful sensors exhibit fully stable functionality: relatively steady resonant frequency and
slight decrease of quality factor with zero applied pressure, as well as comparable
sensitivities at different time points. By adopting a ”shell-core” structure of rapid
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degradation polymer and water soluble polymers as the package, the rapid degra-
dation sensor can degrade completely within 26 days with improved functional time
ratio (functional lifetime/degradation lifetime ×100%) of 2.7 % to 4.0 %. Further
improvements can be expected if the fabrication challenge of trapping bubbles can be
solved.
8.3 Future Outlook
This work on completely biodegradable wireless pressure sensors demonstrated the
feasibility of biodegradable passive LC resonant circuits packaged in biodegradable
polymers and offers the potential for application of these structures as implantable
sensors. While this work is focused on pressure sensing, it is likely that this idea of
integrating biodegradable metals and polymers and the developed fabrication process
can be utilized to design and fabricate completely biodegradable wireless sensors in
other miniature implantable applications (e.g. strain sensors, active sensors.)
Functionality and degradation behavior have been demonstrated in this work;
however, further investigation of the possible factors affecting the mechanism of sen-
sor equilibration and failure in saline are still needed to help precisely design the
functional lifetime and degradation lifetime of the sensors.
Improvements can be made to the fabrication process to achieve better control
of the resonant frequency and sensitivity of the sensor. Possible means include more
precise control of the polymer film thickness uniformity, improvements in lamination
to achieve consistently, completely laminated structures, approaches for complete
removal of bubbles, and utilizing precise control of the cooling temperature range
after releasing the embossing pressure before folding and lamination to eliminate or
make more reproducible the observed pre-bending.
With some optimizations of the geometry design, these biodegradable sensors can
be utilized in urodynamic applications for diagnosing urinary incontinence in vitro
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and in vivo. The sensor geometry of the sensor need to be more compatible with
catheter delivery, e.g. being foldable and/or reduced the size.
More biodegradable materials can also be investigated as candidates for biodegrad-
able wireless sensors to achieve superior performance and increase the functional
life ratio. For instance: magnesium alloy or Zn-Mg couples can be utilized as the
biodegradable conductor to obtain rapid degradation and possibly higher quality fac-
tor. Since the failure of the sensor is very likely due to the invasion of water (or
water vapor), to achieve minimum functionality fluctuation before the sensor fails
and controllable degradation, the package of the biodegradable sensor can also adopt
the core-shell structure similar to the PLGA/PVA bilayer package in this work, while
substituting PLGA with better ”water-proof” biodegradable materials. Possible shell-
material candidates include surface erodible polymers, silk and some biodegradable




A.1 Process Recipe of NR21 - 20000 on Kaptonr Film with
90 µm Thickness
1. Clean the surface of the wafer with acetone.
2. Spin coat NR9-1500PY on the surface of water with spin rate of 1200 rpm for
10 seconds.
3. Attach the Kaptonr film with seed layer to the wafer.
4. Place the wafer with Kaptonr film on top on the hotplate under 80 ◦C for
2 minutes and then 150 ◦C for approximatly 5 mintues. Remove the bubbles
generated beneath the Kaptonr film gently.
5. Cover the surface of Kaptonr film with a non-adhesive clean wafer and press
gently while removing the wafer with Kaptonr film from the hotplate.
6. After the wafer is compeletely cooled down, clean the Kaptonr film surface
with acetone in spin coater with spin rate of 1200 rpm.
7. Tape the edge with single layer of Kaptonr tape if necessary.
A.2 Hot-plate Photolthography Recipe of NR21-20000P on
Kaptonr Film with 90 µm thickness
(Note: the Kaptonr film has Ti-Cu-Ti seed layer and is bonded to a wafer)
1. Clean the surface of the Kaptonr film with acetone in spin coater with spin
rate of 1200 rpm.
2. Spin coat NR21-20000P with spin rate of 1200 rpm for 10 seconds.
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3. Rest the specimen on a levelled surface for 5 minutes.
4. Soft bake on 80 ◦C hot plate for 10 minutes and then ramp up the temperature
to 150 ◦C with speed of 35 ◦C/min, and baked for 9 minutes (including the
ramp-up time), and ramp down the temperature to room-temperature with
speed of -30 ◦C/min.
5. Rest the specimen for at least 2 hours.
6. Expose with dose of 4000 mJ.
7. Post bake on hot-plate for 12 minutes starting at 40 ◦C with ramp-up speed
of 40 ◦C/min to 80 ◦C, and ramp down the temperature to room-temperature
with speed of -30 ◦C/min.
8. Rest the specimen for at least 3 hours.
9. Develop in RD-6 with gentally shaking until all the unexposed photo-resist is
gone, rinse with water and dry with nitrogen air gun.
10. O2 RIE for 30 seconds modify the photoresist surface to hydrophilic.
A.3 Oven Photolthography Recipe of NR21-20000P on Kaptonr
film with 90 µm thickness
(Note: the Kaptonr film has Ti-Cu-Ti seed layer and is bonded to a wafer)
1. Repeat procedures steps 1-3 from above in Section A.2.
2. Soft bake in oven for 60 minutes, starting at 80 ◦C with ramp-up speed of
40 ◦C/min to 130 ◦C. Ramp down the temperature to room-temperature with
speed of -30 ◦C/min.
3. Repeat procedures steps 5-6 from above in Section A.2.
4. Post bake in oven for 30 minutes under 85 ◦, and ramp down the temperature
to room-temperature with speed of -30 ◦C/min.
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5. Repeat procedures steps 8-10 from above in Section A.3.
A.4 Oven Photolthography Recipe of NR22-20000P on Kaptonr
film with 40 µm thickness
(Note: the Kaptonr film has Ti-Cu-Ti seed layer and is bonded to a wafer)
1. Clean the surface of the Kaptonr film with acetone in spin coater with spin
rate of 1200 rpm.
2. Spin coat NR22-20000P with spin rate of 1500 rpm for 10 seconds.
3. Rest the specimen on a levelled surface for 5 minutes.
4. Soft bake in oven for 45 minutes, starting at 80 ◦C with ramp-up speed of
40 ◦C/min to 130 ◦C. Ramp down the temperature to room-temperature with
speed of -30 ◦C/min.
5. Rest the specimen for at least 2 hours.
6. Expose with dose of 2500 mJ.




B.1 Moving Mesh Module
Figure B.1: Define the free deformation Domain in moving mesh module
Figure B.2: Define the frescribed mesh displacement boundary in moving mesh
module
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B.2 Solid Mechanics Module
Figure B.3: Define fixed constraint boundary in solid mechanics module





Figure B.5: Define the terminal and ground bondary in electrostatics module
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B.4 Comsol Simulation Output
Figure B.6: Surface displacement output (P= 20kPa
Figure B.7: Capacitance (center circular) output (P= 20kPa)
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[41] Göpferich, A., “Mechanisms of polymer degradation and erosion,” Biomate-
rials, vol. 17, no. 2, pp. 103–114, 1996.
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